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Abstract
Sorting of microparticles has numerous applications in science and technology, from cell analysis
to sample purification for biomaterials, photonics, and drug delivery. Methods used for particle
separation relied only on procedures that involved sedimentation, filtration through porous
material or other physical procedures that could be performed macroscopically and in bulk; only
recently has miniaturization of fluid systems enabled individual particle separation at the
macroscopic level. In the 1980's, as new fabrication techniques originally used to miniaturize
circuits became available, they were used to miniaturize structures used for filtration, creating
new membranes for filtration with sub millimeter thickness and new fluidic devices that enabled
completely new functionalities.
Hydrodynamic resistance, the extra resistance induced by a particle as it flows through a
microfluidic channel, has been recently proposed as a viable property for particle
characterization. Particle-induced hydrodynamic resistance can be linked to relevant biological
properties, e.g. deformability, which is an important parameter in diseases like sickle cell anemia,
malaria, sepsis and some kinds of cancers. In this work we propose the concept of 'hydrodynamic
resistance sorting', which adds to the repertoire of current sorting technologies. We propose a
microfluidic circuit capable of sorting particles according to the hydrodynamic resistance they
induce in micro channel as they flow through. The circuit has two flow modes: rejection and
sorting modes. The microfluidic circuit switches from rejection to sorting mode automatically
when a particle induces an increment in hydrodynamic resistance larger than a designed threshold
value. The circuit uses the concept of microfluidic logic, in which a microfluidic system has
multiple discrete output modes, (sorting and rejecting particle modes), which are activated by an
input variable, in this case the hydrodynamic resistance. As opposed to previous logic
microfluidic circuits based on droplets, the sorting circuit uses particle self-interactions and does
not require particle synchronization to enable microfluidic logic; hence the circuit is
asynchronous. Further, we showed the circuit's ability to work with cells by sorting red blood
cells and tested the circuit's capacity to sort particles based on mechanical properties by sorting
cured and uncured droplets made of a UV-curable solution.
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Finally, in addition to development of circuits to sort particles based on hydrodynamic resistance,
we investigated the link between hydrodynamic resistance and the change in mechanical
properties experienced by cells. From first principles it is unclear exactly how and to what extent
cell mechanical properties affect cell passage through constrained channels. The force opposing
cell passage could be proportional to the cell velocity, as it occurs during lubrication of rigid
objects, or proportional to normal forces, as it occurs in the case of many macroscopic objects
sliding on surfaces. We used a microfluidic differential manometer, particle image velocimetry,
high-speed imaging, confocal microscopy and non-dimensional analysis to investigate the
relationship between cell mechanical properties, friction forces and hydrodynamic resistance. The
results revealed that the transport of cells through constrained channels is a soft lubrication flow,
where the driving force depends primarily on viscous dissipation and secondarily on the
compressive forces acting on the cell.
This work advances our understanding of the flow of deformable particles through constrained
channels and provides a method to sort single particles based on their hydrodynamic resistance.
The devices developed here have potential applications in biomechanical analysis of cells, bio-
separation, point-of-care diagnostics, as well as in two-phase microfluidics.
Figure 0.1 Microfluidic Circuit for Sorting particles based on their Hydrodynamic Resistance.
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CHAPTER ONE
INTRODUCTION
Figure 1.1 Smaller and smaller, Escher (1956).
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1. - Introduction
Separation of particles, droplets, and cells based on physical properties finds numerous
applications in science and technology, ranging from analysis to sample preparation for
biomaterials synthesis', medical diagnostics 2 , photonics3 , drug delivery 4, and droplet
microfluidics5 ,6. Early methods for particle separation relied only on procedures such as
sedimentation, filtration, or others that were performed in bulk. More recently,
miniaturization of fluid systems has enabled separation at the single particle level. The
first attempts to separate single particles date back to the invention of the flow
cytometer in the 1960's 7 . In the past two decades, the emergence of microfluidics
resulted in the development of miniaturized structures for filtration, and creation of new
fluidic devices that enabled microparticle sorting based on a wider range of particle
properties 8 such as size9 , deformability 0 , dielectric and electrokinetic properties", and
motility'.
In biology, while the biomechanical properties of cells depend on the cell phenotype
and are important in diseases like sickle cell anemia' 3 , malaria 14, sepsisis,16 and some
kinds of cancers' , sorting based on parameters such as cortical tension, cytoplasmic
viscosity or elasticity is challenging. While deformability of cells is commonly assessed
through a versatile method using suction of particles through a micropipette or
microchannel with diameters smaller than the particle size; only a few techniques exist
for sorting based on deformability, and many of these methods are associated with high
cost, e.g., optical tweezers 18 , or limited resolution, e.g. filtration techniques.
Nevertheless the integration of mechanical probing and sorting is highly desirable.
Recently several studies have established a link between mechanical properties and
physical variables during the passage of deformable particles through constrained
microchannels, in particular passage time and passage velocity. The variation of transit
time and velocity due to the modification of mechanical properties of particles implies a
modification of flow rate and therefore an induced change in the total hydrodynamic
resistance of the microchannel where the particle is flowing through. Currently, no
technique exists for sorting droplets, cells or other particles based on the resistance they
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induce to flow through microchannels (or the variation in such resistance). In this work
we will explore the origins of the hydrodynamic resistance and its uses in sorting
microfluidic particles. In this chapter we will review and contextualize the use of the
induced resistance as a sorting technique and discuss its potential uses in sorting
particles. Finally, we will describe the organization and goals of the present work.
1.1. - Microfluidics and Particle Sorting
Sorting of particles, in particular cells, is a problem of great relevance in Chemistry,
Biology and Physical Sciences; as a result this problem has been revisited several times
and through the years many techniques have been developed to sort particles. The
standard technique to sort cells and other particles is the "flow cytometer". Flow
cytometry is a technique that examines cells and other particles as they pass in front of a
fluoresce detector as they are transported by a micro-constrained flow. Then, after
examination, the stream carrying the particles is broken into droplets containing
individual particles. As the stream breaks into droplets, the droplets that encapsulate the
particles that satisfy the fluorescence selection criteria are charged; then, the charged
particles are deflected into a different stream by using an electric field that attracts or
repels them. Flow cytometry is the standard technique in terms of speed, it can analyse
and sort cells at a rate of 25, 000 cell per second. In terms versatility, it has been used to
analyse bacteria, mammalian cells, and other suspended particles. Despite its versatility
and high throughput, flow cytometry relies on the use of fluorescent molecules that bind
and label different parts of the cells and particles, which limits the application of this
technique. Not only are fluorescent sorters expensive, but also it is a requirement for
using them to know how to link a florescent marker to the property studied. If the
property studied has no known associated protein, antibody, etc. to bind the fluorescent
molecule, fluorescent sorting is not possible. Due to these limitations, different methods
have been investigated that can link directly particle and cell properties to the sorting
method and criteria.
Different methods have been proposed to sort particles based on their inherent
properties; such methods are globally known as "label-free" since they do not require
fluorescent labels for sorting. One of the most used technologies that enables these
alternative techniques is Microfabrication (Fig. 1.2). Microfabrication technologies
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enable the creation of small devices for fluid flow and handling in microscale channels,
which are called microfluidic devices. Microfabrication technologies provide the
additional advantages that microfluidic devices are small compared to fluorescent
cytometers, in most cases simpler, and inexpensive (typical prices for flow cytometers
are above 100,000 USD). In general microfluidic devices for sorting of particles can be
classified according to the sample or detection property studied and the sorting method
used, which in many cases are interrelated. Some of the detection markers or detection
properties are particle size, shape, electrical polarizability, electrical impedance, density,
deformability, magnetic susceptibility, and hydrodynamic resistance 19. In order to
separate particles based on these markers, it is necessary to link them with some kind of
force for fractionation, i.e. separation. In many cases the fractionation force can be
linked to several detection markers, adding versatility to the techniques in some cases
and making separation more challenging in others. Based on the sorting force,
separation techniques can be classified into: mechanical filtration, hydrodynamic
filtration, deterministic lateral displacement, microstructures for flow entrainment,
inertial separation, gravity separation, acoustic separation, dielectrophoresis, and optical
separation. In the next section, we will describe each technique and its sensitivity to
different markers.
Mechanical Filters. This type of separation technique is perhaps as old as sedimentation;
fabrics and other natural fibers have been used to separate particles in suspensions. In
the recent years, Microfabrication enhanced this technique by providing the ability to
create highly repeatable and controllable filtration structures. Four types of families of
filtration structures have been reported: weir, pillar, cross-flow and membrane (Fig.
1.2). Weir-type uses a planar structure that contracts forming a small slit, small enough
that prevents the flow of particles larger than the slit and non-deformable enough to
pass through20 , 21. The pillar type uses pillars with variable spacing in-between; as the
particles travel through the pillars the particles get trapped if they are larger than the
spacing between the pillars22 . Membrane filters are plane structures with holes, i.e.
pores, of highly controllable size that restrict the passage of particles larger than the
23pore size . Pillar, slit and membrane filters are highly susceptible to clogging; in an
attempt to minimize the effects of clogging, cross-flow filters were created. Cross-flow
filters arrange filtration structures, i.e. small channels that take the place of pores in
membranes, parallel to a main channel were a suspension carrying a particle mix flows
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through24. As the particle mix flows through the main channel, the small particles travel
through the filter structures but the large particles remain in the main channel. Since the
large particles travel continuously through the device, clogging is minimized.
Mechanical filters have common mechanical markers: particle size, shape and
deformability, which can be used to separate a particle mix.
Hydrodynamic Separation. Hydrodynamic separation or sorting uses the fact that at
small Reynolds numbers, i.e. low inertia flows, the particles approximately follow
streamlines. Hence, modulating the streamline where the particles travel through
according to a mechanical marker like size or shape, enables particle separation from a
mixture. Several devices have reported that use this general concept, e.g. pinched flow
fractionation and hydrodynamic filtration. In pinched flow fractionation, two laminar
flows (a small flow containing the particle mix, mix flow, and a large flow consisting of
just buffer2 5 ) are incorporated into a single separation channel. After the flow where the
mix is suspended is injected into the common channel, it travels close to the channel
wall occupying a small fraction of the total channel width. Particles that are much larger
than the width of the mix stream are pushed by the wall and forced to travel through a
streamline that does not correspond to the mix stream. Further down the separation
channel, the channel expands causing the streamlines to diverge and separate, which
translates into particle separation. In hydrodynamic filtration a single stream containing
the particle mix is injected into a straight channel from which small flow fractions are
extracted at regular intervals along the channel26. The subtracted flows are small enough
that only the particles traveling along streamlines next to the walls are lost at every flow
subtraction. Since the walls push away large particles continuously, they travel longer
through the main channel, which makes possible mix separation of particles.
Deterministic Lateral Displacement (DLD). DLD uses an array of structures, normally
posts, to modify the streamlines where the particles travel through. As the particles
travel through the DLD device, the interaction between the posts and the devices
produces a deterministic lateral displacement from the original streamline. Particles
below a certain critical size do not suffer significant alterations of their original
streamlines, but large particles are pushed laterally across streamlines causing lateral
displacements that can be amplified by the interaction with multiple posts. DLD has
been shown to be sensitive to size, shape and deformability.
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Microstructures for Flow Entrainment. Flow entrainment separation relies on the
creation of structures that force the otherwise straight streamlines to adopt curved
forms, hence creation secondary forces in the flow that act perpendicularly to the flow
direction 28. Particles are entrained in the "screwed" flows and are moved differentially
accordingly to their mechanical properties like size, shape and deformability (Fig. 1.2).
Inertial Separation. When particles travel at moderate velocities (Reynolds numbers of
order 100), inertia has a relevant role as the particles flow through the devices. When
the particles travel in a flow stream that bends and turns, if the particles have a different
density than the media, the particles will accelerate and decelerate at a different rate
than the fluid surrounding them, causing the particles to travel across streamlines. The
variation in streamline position can be used to filter the particles out 2 9 . If the outflow is
separated into several streams, particles at the outlet will exit the device according to
their streamline position at the device outlet, which can be tailored by inertial
separation.
Gravity Separation. In gravity separation, the sample is injected at specific height by
flow focusing, a technique that constrains the sample position by injecting buffer. Then,
as particles flow through the channel, they sediment at different rates according to their
density. Further along the channel, the channel expands which amplifies the separation
created by sedimentation30 .
Dielectrophoresis. When a non-uniform electric field is applied on particles in a flow,
the particles can become polarized. The particle polarization can cause a net force on
the particles that can divert them from their original path, trap or capture them or simply
delay them. These forces can be used to sort cells, beads and other particles3 1.
Optical Separation. Photons carry momentum; this momentum can be used to induce
forces on particles. When illuminating a particle, the force that is induced on the particle
depends on how the light travels through and leaves the particle. Light refraction, the
passage of light through a medium, depends on the media index of refraction, particle's
geometry and internal structure. Therefore, by using light, particles traveling through a
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microchannel can be deflected according to their size, internal structure and optical
32
properties
Finally, microfluidic devices for particle separation can be classified in two additional
categories; if they require additional energy to separate the particles, e.g. an applied
voltage, they are active; if they do not require additional energy they are passive.
Passive devices tend to be much simpler, and they can potentially be used in locations
with relatively low access to modem facilities.
a W*,pe b Par4ye c cOs.A-ow
Microscale Filters
- Size Sorting N.
- Deformability Sorting Daniel R. Gossett (2005), Label free separation and sorting in microfluidic
devices. Anal Chem 397:3249-3267.
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- Size Sorting
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- Shape Sorting
Shevkoplyas SS.Yoshida T. Munn LL, Bitensky MW (2005). Biomimetic autoseparation of
leukocytes from whole blood in a microfluidic device.Anal Chem 77:933-937.
Hydrophoresis
-Size Sorting
- Deformability Sorting
- Density
Choi S., Song S., Choi S., Park J.. (2009). Microfluidic self sorting of mammalian cells
to achieve cell cycle synchrony by hydrophoresys. Anal. Chem. 8I: 1964-1968.
Figure 1.2 Examples of microfluidic devices for sorting based on size and deformability.
Sorting based on hydrodynamic resistance stands at the intersection of many of the
previous classifications. It combines characteristics of Mechanical Filters,
Hydrodynamic Filtration and Deterministic Lateral Displacement. As Mechanical
filters, the use of small microfluidic channels can exclude particles much larger than the
channel from being analysed. As Hydrodynamic Filtration, it uses streamlines to reject
medium size particles (particles that induced moderate values of hydrodynamic
resistance as described in Chapter 4). As Deterministic Lateral Displacement, it uses the
micro-fabricated channel structures to perturb the flow patterns in the microfluidic
device and sort large particles (particles that induce large values of hydrodynamic
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resistance as described in Chapter 4). Consequentially, sorting based on hydrodynamic
resistance can be considered to be on a category of its own.
Additionally, sorting based on hydrodynamic resistance is potentially sensitive to
different particle characteristics including size (as described in Chapter 3 and 4),
deformability (as described in Chapter 5), and adhesion (as described in Chapter 3).
Further, sorting based on hydrodynamic resistance is a passive separation method, i.e. it
is enabled by the same property being used as a marker, it is simple and amenable to
parallelization to increase throughput. Further, since the device is simple, it is compact
and can potentially be integrated into other microfluidic devices.
1.2. - Specific Aims and Thesis Outline
The present work has four main inter-connected objectives that provide a thorough
vision of hydrodynamic resistance and its uses in resistive circuits.
- The first objective is to develop devices and methodologies to reliably
measure hydrodynamic resistance (HR). In chapter two we describe
microfluidic comparators, a class of microfluidic devices used to measure
particle passage variables, e.g. particle velocity, pressures, flow velocities and
induced hydrodynamic resistances. From the described microfluidic
comparators, we selected the microfluidic differential manometers to measure
pressures, forces and flow rates induced by the flow of particles. We analysed,
designed, manufactured and characterized the microfluidic manometers used
through the thesis; we explored their limitations in terms of sensitivity,
measurement lag and measurement errors. Finally, we compared the resistance
induced by three different particle systems: glycerol droplets in white mineral
oil, gelatin droplets in white mineral oil and HL-60 cells in media.
- The second objective is to understand HR through the measurement of a
model particle (HL-60 cells) under different flow conditions and link
changes of HR to the changes in particle properties. In chapter three we flow
HL-60 cells through a differential manometer and extract friction forces, cell
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velocities, media velocities and deformed geometries. Using scaling and non-
dimensional analysis we extract the functional relationship between compression
forces, fluid drag forces and friction forces. Additionally we explore the effects
of media modification and cell stiffness variation induced by chemical
modification.
The third objective is to design and model sorting circuits capable of
automatically selecting particles according to their hydrodynamic
resistance. In chapter four we explore the design of microfluidic circuits that
exploit changes in hydrodynamic resistance to achieve sorting. We analyse and
optimize the circuit ability to sort particles and explore the theoretical limitations
in terms of particle concentration and sorting rate. Further, we test the designed
circuits by sorting gelatin particles by size and verifying the induced velocity
changes by particle image velocimetry (PIV).
The fourth and final objective is to verify the circuit functionality and
modelling by sorting diverse particles including cells and droplets. In
Chapter 5 we tested the device using droplets made of a UV-curable solution
immersed in mineral oil. We dynamically modulated the mechanical properties
of droplets by turning the UV-light on and off, which modified the droplets'
hydrodynamic resistance. Upon curing, the droplets induced a hydrodynamic
resistance large enough to sort them. Also in chapter five, we explore the sorting
of cells by sorting RBCs by size. Sorting of cells in constrained channels is
challenging because cells tend to adhere to walls and block channels. Here we
also demonstrated that by modifying the cell media we could achieve sorting of
cells for several hours without clogging or blocking problems.
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CHAPTER TWO
MEASURING HYDRODYNAMIC RESISTANCE (HR)
Figure 2.1 Circle limit, Escher.
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2.1. Microfluidic Devices for Measuring Hydrodynamic Resistance
In order to understand the origins and variables affecting the induced resistance during
particle passage through constrained channels, we must measure the hydrodynamic
resistance first. Several studies have focused on the development of tools to measure
hydrodynamic resistance. In 2006 Abkarian et al. created the first microfluidic
manometer to measure pressure variations created by the passage of cells through
microfluidic channels'. Later in 2009 Yamada et al.2 created an alternate version of the
microfluidic manometer with enhanced sensitivity that was used to measure resistance
changes due to the passage of micro-droplets inside microfluidic channels. Also in
2009, the induced hydrodynamic resistance was measured indirectly by analysing the
flow patterns produced by droplets at bifurcations3 ,4
The reported devices used to directly measure the hydrodynamic resistance fall within
the category of microfluidic comparators. A microfluidic comparator is a device that
can be used to measure hydrodynamic variables in the microfluidic circuit by comparing
the relative flow rates of different liquid streams, in this case hydrodynamic resistance.
The implementations reported by Abkarian first and Yamada later use the fluid interface
position inside a micro-channel to measure the relative flow rates and infer pressure
drops and induced resistances. Since microfluidic comparators can be used to extract
flow rates and induced resistances, they can provide a measurement of the induced
pressure drop at different parts of the microfluidic device, which ultimately can be
translated into forces. Since microfluidic comparators can provide a complete picture of
the physics involved, they are suitable to clarify the nature of the interactions between
particles, microfluidic channels and flows. In what follows, we used the geometry
proposed by Abkarian et al. since in their design the presence of particles downstream
of the measuring junction does not disturb the measuring interface.
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Figure 2.2 Microfluidic Differential Comparator. As the sample cell enters one of the channels, the cell reduces
the flow through the channel, which causes a deflection of the fluid interface.
2.2 Microfluidic Differential Manometer
A microfluidic differential manometer is composed of two identical inlet channels,
reference and sensing channels, which merge into an outlet channel, the measuring
channel (Fig. 2.2 and 2.3). Fluid is forced to flow through both inlet channels:
reference and sensing, at constant pressure. The sensing channel carries a buffer where
the sample particles are suspended; while the reference channel carries a liquid of
different color than the sample buffer, but with otherwise identical physical properties.
As the liquid streams merge in the measurement channel they form a discemable
interface that can be used to measure the induced hydrodynamic resistance. Since the
position of the interface reflects the relative flow rates of the sensing and reference
channels, the interface moves as the flow rates in the inlet channels are modified by the
induced hydrodynamic resistance. Once the flow rates are known, pressure changes and
resistance changes can be back-calculated using the resistance equivalent circuit. Hence,
the induced resistance in the sensing channel can be back-calculated through the
interface displacement in the measuring channel.
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Figure 2.3 Microfluidic Differential Manometer. a) Schematic showing the basic design of a microfluidic
differential manometer. b) Microfluidic differential manometer equivalent resistance circuit.
The devices used in this chapter for hydrodynamic measurement have a square cross
Area
section of 6 pm side width (hence a hydrodynamic diameter, DH = 4 Preter, of 6 pm)
and length of 50 microns. Rectangular channels are used in the experiments because
they can be manufactured consistently and readily with the same dimensions, and, since
they are universally used in most microfluidic applications, the use of rectangular
channels makes our measurements directly applicable to other systems. Further, square
channels were used here to produce a more uniform deformation of the particles.
Images of the interface displacement as a function of time are shown in Fig. 2.4. From
the images, the interface displacements at the measuring position and particle velocity
were measured. As the particle enters the measuring channel, it gets compressed and
starts to increase the hydrodynamic resistance. Once deformed, the particle enters the
channel and the induced resistance reaches a steady maximum value. The steady
maximum value is the value reported in Fig. 2.12, 2.13 and 2.14 for the hydrodynamic
resistance. Finally, as the particle exits the channel, the induced resistance decreases to
zero. It must be noted that any measurements of the induced resistance once the particle
has left the channel are inaccurate due to the presence of the particle next to the
measuring interface. At the time the particle exits the channel, the fluid is forced to
move around the particle, which displaces the fluid interface used to measure the
induced resistance. The interface movement creates an artificial decrement in the
hydrodynamic resistance as shown in Fig. 2.4.
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2.2.1. Differential Manometer Analysis and Design
If the flow operates at low Reynolds numbers (Re = u<<0.01 for the experiments
V
reported in this chapter; where u is the average velocity of the channel, H is the channel
side length, and v is the kinematic viscosity of the fluid) and the particle flow through
the microchannel takes much longer than the unsteady time scale ( F = -
V
0.001 s<<0.1s, the characteristic channel transit time for the experiments reported in
this work), the manometer can be modeled as a resistance network (Fig. 2.3) and the
relative resistances at each inlet channel can be back-calculated. Finally, using the
induced resistance and flow rates, it is possible to calculate the pressure drop across the
particles flowing through the sensing channel.
Using the resistance model it is possible to determine the sensitivity of the differential
manometer. The manometer sensitivity is proportional to the relative difference in flow
rates in the sensing and reference channel, i.e. ' where I is the flow through the
I+Ireference
sensing resistance and Ireference is the flow through the reference resistance. Then from
the manometer equivalent circuit, the sensitivity can be calculated as
1 1
I-Ireference_ Rentrance+R Rentrance+R+AR
I+Ireference 1 + 1Rentrance+R Rentrance+R+AR
where R is the sensing resistance, AR is the induced resistance and Rentrance is the
entrance resistance produced by the inlet channel and tubing. Form the resistance
analysis, it is clear that the sensitivity does not depend on the exit resistance, Rexit-
Since the total velocity of the circuit depends on the exit resistance but not the
sensitivity, the exit resistance can be used as a free parameter to modulate the velocity
range of the manometer without affecting the sensitivity of the device. The ability to
modulate the velocity range is quite useful when only a limited pressure range can be
imposed at the inlet. In this case the pressure range is limited by the experimental setup,
the maximum pressure is set by device materials, -20 PSI (maximum PDMS-glass
plasma bonding strength) and the minimum pressure provided by the pressure
regulators, ~0.01 PSI.
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Further, in the case of small resistance variations, the linearized sensitivity can be used
to estimate the interface displacement along the measuring channel, Ay. If the induced
AR
resistance is small compared to the sensing resistance, - << 1, then the sensitivity can
be simplified as
I-Ireference AR
I+Ireference 2(Rentrance+R)'
which is the linearized sensitivity of the manometer. Now, if the velocity profile along
the flow direction is considered constant at the different y positions where the interface
may reside in the measuring channel (a reasonable assumption for the central part of
long rectangular channels), thcn
I-Ireference 
- 2Ay (2.3)
I+Ireference W
where W is the channel width. Now, combining the resistive and geometrical sensitivity
estimations, we obtain the interface displacement as a function of induced resistance,
Ay_ AR (2.4)
W 4(Rentrance+R)
Therefore, in order to maximize the sensitivity of the manometer, we must minimize the
entrance resistance and regulate the velocity range using the exit resistance.
2.2.2. Differential Manometer Simulation
In order to design microfluidic differential manometers to measure hydrodynamic
resistance we performed numerical simulations of the interface displacement using
commercially available multiphysics software, Comsol Multiphysics 7 (Fig. 2.4b).
Simulations were performed using full Navier-Stokes equations coupled to convective
diffusion equations. In terms of boundary conditions, at all walls, except inlets and
outlets, velocity was set to zero. At the upper channel, a fluid with 0.001 Pa*s viscosity
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was injected at a constant velocity of 1.6 mm/s (Re=0.01, where Re is the Reynolds
number). A flat-injection velocity profile was used instead of a more realistic parabolic-
injection profile since the developing distance is extremely small, ~ Re*H=0.06 pm. At
the lower reference channel, a fluid with 0.001 Pa*s viscosity was injected to produce
relative flow rates of 10:1, 5:1, 2.5:1, 1.25:1 and 1:1 ratios. Additionally the reference
fluid was assumed to have a diluted dye with a diffusivity of 1x10 0 m2/s at a
concentration of 0.1 mol/m3 .
From the simulation it was observed that the steady state interface displacement
depends heavily on the distance from the measuring junction, the junction formed by
the measuring, reference and sensing channels. As the distance from the measuring
junction increases, the interface displacement reaches a value independent of the
distance from the junction, a position-independent displacement. The position-
independent displacement directly reflects the relative flow rates through the sensing
and reference channels; on the other hand any other displacement depends additionally
on the device geometry and position along the channel. Therefore, if the interface
displacement is measured before the interface reaches the position-independent
displacement, the displacement at each position should be characterized and related to
the position-independent displacement.
2.2.3. Differential Manometer Fabrication and Characterization
Devices were fabricated by standard micro molding in polydimethylsiloxane (PDMS,
Sylgard 184, Dow Coming) using a SU-8 photoresist mold (Microchem). The molds
were placed in a large covered Petri dish containing several drops of
perfluorooctyltrichlorosilane (Sigma Aldrich) for 10 min to facilitate removal of PDMS.
PDMS was mixed in a 10:1 ratio and poured into the mold forming a 4 mm layer,
degassed, and baked at 80 'C for 30 min. The PDMS was removed, perforated to form
the channel inlets using a biopsy punch (0.5 mm internal diameter punch from Harris
Uni-Core), and cleaned using isopropanol. Finally, the PDMS component containing the
channels was bonded to clean glass slides using air plasma for 30 s at 500 mTorr
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(Expanded Plasma Cleaner, Harrick Plasma, Ithaca, NY). The devices were connected
to constant pressure reservoirs via Tygon tubing.
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Figure 2.4 Interface displacements as a function of time and position along the measurement channel. a)
Microfluidic circuits models used for calibration and measuring. b) Simulated and experimental interface
displacements as a function of relative flow rates. c) Interface displacements at three positions (x', x" and x"') as a
function of time as the particle traverses. Inset: steady state displacement comparison between points x' and x"'.
Simulation Verification
In order to judge the accuracy of the simulations, devices were fabricated with similar
geometries as the simulated ones, 6 tm square cross-section sensing channel of 50 gm
length. Deionized water was flown through the sensing channel and water with FITC
dextran (150 kDa) was flown through the reference channel. The simulation interface
displacement results agreed quite accurately with the experimental results. As predicted
by the simulation, the interface was blurred due to diffusivity effects. Despite the fact
that dextran has a diffusivity smaller than the simulated one, 0.2x10O m2/s, the
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experimental diffusivity blurring is similar to the simulated one. In the experiments,
additional blurring might be caused by diffusion of the dye into the PDMS matrix,
which causes a permanent level of background fluorescence (evident upon variation of
the flow rates after prolonged exposure to the dye).
Convective delay and convective time scale
Despite the fact that the microfluidic devices were designed such that the unsteady time
scale, <0.001 s, is much smaller than the particle transit time through the sensing
channel, >0.1 s, the interface at the measuring channel does not move as fast;
furthermore, the displacement delay grows as the distance from the measuring junction
increases (Fig. 2.4c). Convective transport is responsible for the slower response. Even
when the velocities at every single point inside the microfluidic channel change from
one steady state to another after a couple of viscous dissipation time constants, the dyed
fluid takes additional time to replace the colorless fluid that was occupying the channel
beforehand, thus creating a convective transport delay.
The convective transport scale can be estimated from basic control volume analysis
(Fig. 2.5). Using the depicted control volume and analyzing just the reference fluid
Lcv
a(H f, L cIx) h H dyz=0(25"aHf ydx- Ireference + f' f4 u dydz = 0, (2.5)
where H is the channel height, y(x) is the interface position at a position x along the
measuring channel, Lc, is the length of the control volume along the x direction and uo,,
is the fluid velocity at the exit of the control volume. Further, the expression can be
simplified if the first integral is known, hence
Lcv
a(H foc ydx) 
_ aaHLh
at - at(2.6)at at
where a is a constant that depends on the geometry, and control volume length Le,.
Now, using the Laplace transform,
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aaHLcoh -> sHLcvah(s). (2.7)
Also, if we assume that the velocity field has reached steady state
f0 fH' Uout dydz ~ - * Hh ~ IRexit * (h/W), (2.8)
where uont is the average velocity at the control volume exit, right side of the control
volume. Finally, substituting the terms back together
sHLcvah(s) - Ireference + IRexit * (h(S)/W) = 0, (2.9)
or
Ireference
h(s) IRexit _ Ireference 1(2.10)
W (WHLcva)s+ 1 I+ Ireference (WHLcva/IRexit)s+ 1'
IRexit
therefore, as a first approximation, the convective delay acts as a first order low pass
filter with characteristic time constant ~WHLcV/IRexit. The convective time delay
increases with control volume length, L, device height, H, and width W. Further, the
time delay is inversely proportional to the exit flow rate, which is highly convenient for
our purposes since as the transit time decreases the delay decreases too. Therefore if the
convective time delay is smaller than the transit time at a specific injection pressure, the
time delay will remain small at a higher injection pressure. In this case, if W ~ 6 Pm,
H - 6 ptm, Lcv - 1 ym and IRexit~1 m * 36 pm 2 then the characteristic time constant
S
is - 1 ms, smaller than the transit time > 10 ms. Since the convective time is small but
not negligible, the measuring distance Le must be kept as small as possible and
measuring should be done as close to the sensing junction as possible.
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Figure 2.5 Schematic of the Interface displacement in a Differential Manometer and the control volume used
in the interface displacement.
Capacitive delay and capacitive timescale
When dealing with devices fabricated with compressible materials, e.g. polymeric
microfluidic devices made of PDMS, an additional time scale should be considered: the
compressive or capacitive timescale. As the average pressure through a microfluidic
channel section changes, it deforms to accommodate the new pressure forces. The
pressure-induced deformation increases or decreases the channel volume, which creates
transition flows due to the incompressibility of the fluids used. The effects of the
volume change can be estimated if capacitive elements are added to our resistive model.
Using the Lame's solution for the plain strain case5 , and linearizing the equations for
small deformations and assuming a cylindrical channel within an infinite solid
deformable domain,
AVo = (P' - Pexit) a (1+V) (2.11)
where P' is the average channel pressure, Pexit is the atmospheric pressure outside the
microfluidic channel, a is the channel radius, A is the channel length, v is the Poisson
ratio, E is the channel wall Young modulus (E-1000 kPa), and AVol is the volumetric
change due to the channel compressibility. Therefore the capacitance of the channel (C),
is
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C - 27ra 2 A(1+v) (2.12)
If we consider a rectangular channel, then under small deformations,
AVol ~ (P' - Pexit) aWH1A(1+v) (2.13)
and
C ~ aWHA(1+v) (2.14)
E
where a is a number of order 1 that depends on the ratio W/H, where W is the channel
width and H is the channel height. Now, assuming a = 1, hence an upper limit of the
associated capacitance, we can incorporate the capacitive effects into the resistive
model. When incorporating the capacitive effects generated by channel compression,
we have two options. The first approach is to add the capacitive elements between the
middle section of the channel resistance and the outlet pressure; which accurately
imposes the average pressure into the capacitive element but since each resistance is
split in two this approach generates additional resistive elements and nodes in the
lumped model. The second approach is to connect the capacitive elements at the ends of
resistances, which minimizes the number of elements and nodes in the model but could
fail to capture the capacitive effects properly in simple systems, e.g. a single channel
connected to a variable pressure. In this case the equivalent circuits for both approaches
are depicted in Fig. 2.6, where the inlet resistance has been divided into tubing
resistance, Rtubing, and entrance channel resistance, Rentrance, to adequately incorporate
the channels capacitance.
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Figure 2.6 Manometer equivalent circuit with capacitive effects incorporated. a) Capacitive effects incorporated
at each of the channels midsection. b) Capacitive effects incorporated at the channels inlet and outlet sections.
Since the resistance measurement relies only on the relative flow rates between the
reference and sensing channels, the capacitive delay can be estimated by calculating the
RC constant of this section of the device. For the 6 pm manometer, the resistance at one
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R1=0.5Raw
-1 Ca +
T0.5C.
of the injection channels is ~R=l*10 , and the capacitance is ~CR 1.5*10 19; therefore
the time constant is 0.15 ms, which is smaller than the cell passage time. Further, we
can consider the effect of parts of the circuit, such as RCtbing which quantifies the
effects of the tubing compression. In this case Ctubsig= 2 *10-14, hence RCtubing= 2 s, a time
scale much larger than the cell transit time. Then the compressibility of the tubing
operates at a completely different time scale and therefore does not affect significantly
the resistance measurement.
Simulink simulation of delay effects.
Using the resistance models with added capacitance it is possible to simulate any delay
in the resistance measurement. Simulink was used to implement numerically the
resistive-capacitive model (Fig. 2.7). In order to simulate a sudden resistance change a
step function of magnitude 0. IR and 5 ms duration was implemented as system input.
From the simulation incorporating capacitances at the channel inlet and outlets, it was
observed that capacitance produced a delay of roughly 2-3 ms, after which the
resistance readout reached a steady state (Fig. 2.8). Similarly, from the simulation
incorporating capacitances at the middle of the channels, it was observed that, 2 pim
away from the junction, capacitive and convective effects produce a delay of roughly 2-
3 ms, after which the resistance readout reaches a steady state. From both simulations it
is clear that the manometer is adequate to measure cells with transit times larger that 3
Ms.
Further, using Eq. 2.10 we can incorporate the convective effects as a low pass filter.
(Eq. 2.10 relates the change in flow rates to the change in the interface position in the
Laplace domain and has the mathematical form of a low pass filter). When adding the
convective effects of measuring 2 tm away from the junction, the delay grows to reach
7-9 ms, which is barely sufficient to allow for resistance measurement (Fig. 2.9). In this
case, the delay is an upper limit since the channel capacitance was overestimated by
assigning a (i.e. W/H) a value of 1. Further, since the velocity at the interface was
assumed to be equal to the average velocity, the convective delay is also an upper limit.
In reality half of the channel is made out of glass, practically incompressible for the
pressure range used, which sets the value of ax-0.5. Additionally, from the simulation is
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clear that although capacitance produces a non-negligible effect in the delay, the
dominant physical effect creating a delay in the manometer readout is the convective
transport.
(101000/14);
1*10^15;
5*10^14;
5*10^14;
5.5*10*12;
1. 5*10^ (-19) ;
2*10^(-14);
6.7*10^(-18);
6.7*10^(-18);F
0.5*(Ct+Cen);
0.5*(Cen+Cs);
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Figure 2.7 Simulink model of the manometer equivalent circuit with capacitive and convective effects
incorporated. a) Model with capacitances incorporated at the channel inlet and outlet.
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Figure 2.8 Simulink results of manometer readout with capacitive effects incorporated. Capacitances were
added at the channel middle section. a) Simulated resistance readout once capacitive effects are incorporated. b)
Step input function that simulates the induced resistance.
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Figure 2.9 Simulink results of manometer readout with capacitive and convective effects incorporated.
Capacitances were added at the channel input and output. a) Step input function that simulates the induced
resistance. b) Simulated resistance readout once capacitive effects are incorporated. c) Simulated resistance readout
with capacitive and convective effects included.
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Interface displacement calibration
Since the steady state interface displacement must be measured as close as possible to
the measuring junction (to avoid convective delays) and close to the measuring junction
the interface displacement depends heavily on the distance from the junction, calibration
must be performed relating the position-independent displacement to the displacement
at the measuring position. Calibration can be done numerically or experimentally (Fig.
2.10). In this section the experimental calibration is discussed.
A single calibration and measurement of the interface displacement as a function
relative flow rates is necessary and sufficient at low Reynolds numbers provided that
diffusion effects are negligible, i.e. the calibration is independent of the Re number.
The demonstration is relatively straightforward. From Stokes equations (the limit of
Navier-Stokes equations at low Re numbers, where inertia is negligible),
0 = IV2 1 _ Vp, (2.15)
where U1 is the vectorial velocity field, and p is the scalar velocity field, it can be shown
by simple substitution that if U* (x, y, z) is a solution to the Stokes equation subject to
the boundary conditions
U* = f(x, y, z) - (x, y, z) C OR, (2.16)
where R indicates the continuum set of points that comprise the fluid volume and OR its
boundary, and -3- stands for "such that"; then au* (x, y, z) where a* is a positive real
number, is a solution to the differential equation
0= pV2 1U - a*Vp, (2.17)
with boundary conditions
u = a*f(x, y, z) -D- (x, y, z) E OR. (2.18)
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Hence, the streamlines (lines parallel at all points to the velocity field) are constant,
which can be demonstrated as follows.
Let U' = (g (x, y, z), h(x, y, z), i(x, yz)) be the velocity field that satisfies 0 = pV2  -
Vp. Then, the unitary vectors parallel to the streamlines and that define them are
S k dg(x,y,z), = kdh(xyz) k di(xy,z)
dx dy dz
(2.19)
where
k-fdi(x,y,z) 2k =d'
dz
+ dh(xz)2 dg(x,y,z)2dy dx
Let a*ui= ( a*g(xy,z), a*h(xy,z), a*i(xyz)) be the velocity field that satisfies
0 = p.V2 I - aVp. Then, the unitary vectors parallel to the streamlines and that define
them are
a*k* dg(x,y,z)
dx
a*k* dh(xy,z) = a*k* di(x,y,z)
dy dz
where
k* = a* 2 di(x,y,z)
2
dz
+ *2 dh(x,y,z)2 + a*2 dg(x,y,z)
2
dy dx
(2.22)
then u' can be simplified as
u =- k dg(x,y,z) = dh(xyz) = , kdi(x,y,z) = .dx UV dy = dz W (2.23)
Therefore, aside from a constant and neglecting the effects of diffusion, the streamlines
are the same at different Re numbers as long as Re<<1.
Interface calibration can be done by measuring the interface displacement at different
flow rates or by modulating the injection pressures. Setting different flow rates can be
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(2.20)
(2.21)
implemented by injecting fluids with a syringe pump in a relatively easy fashion.
Nevertheless, due to the compressibility of the tubing, syringes and device materials, the
steady state can take from minutes to hours to be achieved; which makes calibration
cumbersome. An alternative is to apply different injection pressures at the device inlets.
Additionally, if injection pressures are modulated to calibrate the manometer circuit, the
pressures can also be used to extract relative values of the circuit resistances. If the
pressure changes at one of the inlets by a small amount, i.e. P* = P + AP where
AP < P, then the relative change in flow rates can be calculated using the resistive
circuit model (Fig. 2.4a). Then
I-Ireerence 
_ AP/P (2.24)
I+Ireference 2(1- 2Rexit++R
from which calibration can be achieved since we know that
I-Ireference 
_ 2Ay (2.25)
I+Ireference W
hence
AY (2.26)
W 
2 Rexit
2Rexit+Rentrance+R
Therefore, the linearized pressure-displacement calibration can be used to infer the
value of 2 Rexit and verify the relative value of Rexit and (Rentrance + R).2 Rexit+(Rentrance+R)
For the differential manometers designed and fabricated, the relative value of Rexit and
(Rentrance + R) was within 5% of the design values, indicating a reasonable fabrication
process.
An example of the calibration performed for every variation of the manometer geometry
is shown in Fig. 2.10, where the fractional or relative displacement at the measuring
position is plotted as a function of the position-independent displacement for a
microfluidic manometer of 16 tm square channels, a larger cross section that allowed
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for a wider velocity range. From the calibration plot, it can be observed that minimizing
the signal lag by measuring the interface displacement close to the measuring junction
comes at a price; the sensitivity of the displacement at the measuring junction is smaller
than the position-independent sensitivity measured downstream, in this case by a factor
of roughly two. The calibration function is not linear, but can be linearized for small
flow-ratio intervals at low Reynolds numbers, when the calibration function is a strictly
growing positive function. At moderate and high Reynolds numbers, Re>1, the
calibration curve function first grows and then decreases as a function of the position-
independent displacement, as a consequence consideration of the full calibration curve
must be performed.
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Figure 2.10 Interface displacements calibration as a function or Reynolds numbers. a) Micrograph showing the
position where the interface displacements were measured. b) Fractional interface displacement as a function of
relative injection pressures.
Further, when the velocity through the devices is such that Re~1 or larger, the usage of
the concept of hydrodynamic resistance should be avoided since the flow rate is not
directly proportional to the pressure gradients, preventing the use of the Stokes
equation. Even when the manometer can still be used to measure flow rates at moderate
Re numbers, relating the velocity within the channels to the pressure drop and forces
within the channel becomes challenging. At moderate Re numbers, before turbulence
onset, a reasonable approximation is the use of the unsteady Bernoulli equation instead
of the Stokes equation. Additionally, measuring the interface close to the measuring
junction becomes challenging since the interface suffers the effects of the flow inertia.
In order to explore the effects of flow inertia, the interface displacement close to the
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measuring junction was characterized for Re = 0.005, 7 and 21 (Fig. 2.11). As the Re
number increases, the interface close to the measuring junction becomes less sensitive
to the flow rate changes due to pressure or resistance variations. Further, at Re=21, the
function that related pressure variations to interface displacement changes from being a
strictly growing positive function to a function that first grows at small pressure ratios
and decreases at higher pressure ratios. Finally, at Re=21 and when the flow ratios are
larger than 2:1, the interface apparently splits in two. The split effect is caused by the
non-uniformity of the velocity profile along the measuring channel width. The flow at
the outlet of the channel with higher flow rate can be considered as a jet expansion. In a
jet expansion, as the exit velocity and inertia increase the expansion rate decreases; at
higher inertia it takes a longer distance for the fluid to achieve complete expansion.
Since the velocities at the jet outlet depend on their position within the channel, the
velocity is maximum at the channel center and zero at the walls, the jet expansion
distance depends on the streamline distance to the channel walls. The measuring
interface is composed of streamlines at the center of the channel and streamlines close
to the channel's upper and lower walls. The streamlines at the center will expand slowly
(due to their higher inertia) while the streamlines at the walls will expand faster (due to
the decreased inertia), causing the apparent interface split. The extent of the velocity
non-uniformity can be inferred from the developing length magnitude obtained from
Blasius solution, i.e.
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Figure 2.11 Interface displacements at the measuring position as a function or Reynolds numbers. a) Interface
displacements at Re=0.005. Oil was used to reduce flow rates without reducing the injection pressure, preserving the
accuracy of the applied pressure limited by the experimental setup. b & c) Interface displacements at Re=7 & 21
respectively. Water solutions were used to calibrate the manometer interface displacement. d) Micrograph showing
the position where the interface displacements were measured. e) Position independent interface displacement as a
function of relative injection pressures for low Reynolds numbers, Re=0.005 at the reference flow injection channel.
f) Position independent interface displacement as a function of relative injection pressures and Reynolds numbers at
the reference channel. g) Measuring position interface displacement as a function of relative injection pressures and
Reynolds numbers at the reference channel.
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where S is the boundary layer thickness, I is the developing length, Re, is the Reynolds
number as a function of the developing length and H is the channel height. From this
approximation is obvious that the developing length depends linearly on the Re number,
hence when Re « 1, the developing length can be neglected, but when Re > 1, it must
be considered in all cases since l- 0(H).
2.3 Comparing the Hydrodynamic Resistance of different samples
After full characterization of the microfluidic manometer, the next step is to understand
how the hydrodynamic resistance is linked to the particle properties; for this purpose, the
resistance induced by samples with different mechanical properties will be obtained and
compared. We can classify the deformable particles in three broad categories: droplets,
solid particles and complex particles with internal structure, e.g. cells. Droplets are
deformable particles that can sustain internal flows, i.e. can be continuously deformed,
and have an associated surface tension separating the droplet contents from the media. In
contrast, solid particles made of a soft deformable material can oppose continuous
deformation, i.e. no internal flow occurs. Complex particles, e.g. cells, are particles that
have intermediate characteristics between droplets and deformable solid particles. In the
next section, representative examples from each group are analyzed through the
microfluidic manometer and the induced resistance is extracted.
In order to record and later extract the particle passage data, the device operation was
observed at 20-50 fps. Particle velocity was obtained by tracking the front part of the
particles as they were flowing through the sensing microchannel. A Nikon Eclipse
TE2000-U inverted microscope with Nikon Plan Fluor 40x and 60x objectives, and an
X-cite lamp, Series 120 were used.
2.3.1 Glycerol droplets in oil
Glycerol is a simple polyol compound with dynamic viscosity of 1.4 Pa*s, and mineral
oil is a clear liquid with dynamic viscosity of 0.040 Pa*s. Since glycerol and mineral oil
are not soluble it is possible to create an emulsion of glycerol droplets in mineral oil by
simple agitation. A low concentration of glycerol was used, 1% v/v, when creating the
emulsion in order to reduce droplet-droplet interactions. Further, since glycerol is more
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viscous than mineral oil, an increment in the hydrodynamic resistance is expected when
droplets travel through the measuring channel. The measured resistance is presented in
Fig. 2.12.
As droplets are injected into the measuring channel, they are deformed. As they enter the
sensing channel, the frontal part of the droplet squeezes to adjust to the sensing channel
geometry. Immediately, as the movement continues the droplet adopts a slug shape.
From the micrographs it can be observed that the cross section of the droplet is not
uniform, non-uniformities in the droplet thickness are observed, and a layer of oil is
observed between the glycerol and channel wall. As the droplet exits the channel it
adopts an inverted "C" shape due to the pressure difference between the back and the
front of the droplet. Once the droplet has completely exit the channel, the droplet
recovers its previous circular shape.
Now, from the graph of induced pressure as a function of droplet relative size, we can
observe that the induced resistance is practically negligible for droplets smaller than the
channel width (width, height and hydraulic diameter are identical since the channel is
square, i.e. H=HD). As the droplet size increases, the induced resistance increases
proportionally till the droplet uses most of the volume available in the channel, D/H~2.
At that point, droplets reach a resistance plateau, i.e. further droplet size increment does
not increase the induced resistance significantly. The maximum induced resistance for
glycerol droplets is rather small, -0.2R, in contrast with the rather large difference in
viscosities between mineral oil and glycerol, ~30x. The unexpected difference can be
attributed to the presence of an oil lubrication layer between the glycerol droplet and the
channel. Viscous dissipation is the sum of the dissipation that occurs inside the droplet
and at the same time at the lubrication layer. Since the viscosity difference between
glycerol and oil is large, the internal flow inside the droplet is small and most of the
viscous dissipation occurs at the lubrication layer, which minimizes the induced
resistance.
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Figure 2.12 Hydrodynamic Resistance induced by Glycerol droplets immersed in oil media. a) Induced
resistance as a function of droplet size and injection pressure. Vertical lines connect the relative droplet size with a
representative picture of the droplet flowing through the sensing channel. b) Glycerol droplet traveling through the
sensing channel.
2.3.2 Gelatin particles
Gelatin micro particles were used as a calibration standard to determine the spread on
the measured resistance of a sample of different size particles, but otherwise identical
properties. Gelatin particles were selected because they are easy to manufacture, as
described below; they exhibit uniform properties and no internal structure; have
mechanical properties on the same order of magnitude as biological tissue; and finally,
have been used as drug carriers in the past, which makes them potentially interesting for
part of the microfluidics community.
Gelatin particles were made using a solution 5% (w/v) of gelatin (Sigma Aldrich)
emulsified in light mineral oil (Mallinckrodt Chemicals). Span 80 (Sigma-Aldrich) was
added to the oil at 1% (v/v) to stabilize the droplets against coalescence. Gelatin
solution was prepared by dissolving gelatin into water at 70 'C while agitating to
achieve complete mixing. The gelatin solution was created in two steps. In step one, the
gelatin solution was added to light mineral oil to form a biphasic solution of 1% (v/v).
Then, the solution was vortexed at speed 14 using a VWR Analog Vortex Mixer, which
created 1 ptm gelatin particles used for particle image velocimetry. During step two, the
same amount of gelatin solution as used in step one, was 5 added to the already
vortexed solution to form a solution 2% (v/v). Then, the solution was vortexed at speed
6 to form the particles to be sorted. The solution was stored in a fridge at 20 "C for 3 h.
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Figure 2.13 Hydrodynamic Resistance induced by Gelatin droplets immersed in oil media. a) Micrograph
showing the manufactured device and inset showing the channels cross-section, and white-light interferometer
measurement of the surface roughness. b) Hydrodynamic resistance of the gelatin particles as a function of particle
size.
From the experimental data we observe that the induced hydrodynamic resistance grows
as the particle diameter, D, increases. Fig. 2.13 can be divided in two different zones
according to the particle size: Zone 1, which encompass particles smaller than the
channel width, D < DH; and Zone 2 which encompass particles larger than the channel
diameter, D > DH. Further, Zones 1 and 2 induce hydrodynamic resistances of different
magnitude and origin. In Zone 1, the induced resistance is smaller than the induced in
Zone 2 and to that of the unoccupied channel, and since the particle's diameter is
smaller than the channel width, it is caused solely by fluid-particle interactions. In Zone
2, the particle-induced resistance grows rapidly as the particle size increases, resulting
in induced resistances of order one with respect to the unoccupied channel. In Zone 2,
since the particle diameter is larger than the channel width, wall-particle interactions
and particle-fluid interactions contribute to the resistance change. As the particle
diameter increases the particle blocks a larger section of the channel, increasing the
induced hydrodynamic resistance.
From the sample spread we can observe that even in the case of uniform particles, there
is variation in the HR readout. The HR spread for a given diameter is not caused by
sample variations, since it was minimized by using a uniform sample, but due to other
factors such as non-uniform particle entrance, which can lead to non-uniform
deformation and forces; readout noise due to the camera sensor; variations of the
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measuring position used during each experiment, and variations introduced by the
device fabrication (Fig. 2.13 is a composite made of measurements done with 4
different devices produced from the same mold). Sensor noise can be characterized
from the HR readout at small particle diameters; where variations of ±1 pixels in the
readout are observed. Variations in the measuring position affected calibration by less
than 3% (maximum variation for 3 measurements). Fabrication inaccuracies and
particle entrance effects cause any additional variations.
According to the models available for droplets flowing through square channels,
viscous dissipation and hence hydrodynamic resistance occur in droplets due to internal
flow and flow around the particle through the corners. In the case of solid particles, the
only cause of viscous dissipation is flow around the particle, between the deformed
particle and the channel corners. For the flow around the corners, if the particle's
deformed cross section and the particle's velocity were independent of the size of the
particle, the induced hydrodynamic resistance would be a linear function of the
deformed particle length, an thus a cubic function of particle diameter. In reality, when
the particle is just slightly larger than the channel, the particle is barely deformed; on
the other hand, for large particles, - > 1, deformation is considerable, and hence the
DH
flow around the corners for both cases is different. Thus, variability in the deformed
cross section is expected to modify the simple cubic relationship of induced resistance
D
versus particle diameter. Using linear regression for Zone 2, - > 1, and neglecting the
DH
induced hydrodynamic resistance when D = 1 , the induced hydrodynamic
DH
resistance, , can be fit using the following model:
A= a [( D)n 1  (2.29)
where a is 0.041 and n is 5.820, with 95% confidence intervals of [0.002,0.080] and
[3.665,7.972] respectively, and R-square value of 0.79. Then, the value of n >3
indicates that the resistance does not grow proportionally to the volume of the particle,
but at a higher rate. In this case, since the values of D/DH are close to 1 for the particles
used in the experiments, the values of (D/DH)n differ only by a small amount, i.e. their
difference is close to the manometer resolution, making it hard to determine with
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confidence the exact exponent of induced resistance growth with the particle diameter.
Nevertheless, since the R-square value is 0.79, Eq. 2.29 can be used to estimate the
induced hydrodynamic resistance as a function of particle diameter.
Additionally, it was determined experimentally that gelatin induced hydrodynamic
resistance does not depend heavily on fluid velocity for the range of pressures used in
the experiments reported, Inlet Pressure 0.2-2 psi, which is consistent with the
experimental pressure drops experienced in the sensing channel. There is a small
decrement in the resistance as velocity increases, but the values of a and n are within
measurement error.
The data is limited to the left by the minimum measurable particle size of the sample,
around 1 [Im, and to the right by the maximum particle size that flows through the
channels. The existence of a maximum particle size that flows through the device can
be explained physically. A deformed particle entering the device, small enough to block
only a small part of the cross section of the channel but compressed vertically, looks
just like a sphere compressed between infinite parallel plates. The force that pushes the
particle to flow through the device is equal to the drag exerted by the fluid on the
particle's surface exposed to the fluid, F ~ p - (Area Exposed), where y is the fluid
DH
viscosity and u is the average fluid velocity. Assuming that the particle is
incompressible and that the particle changes shape from a sphere to a circular cylinder
of height DH, it can be estimated that the particle's fluid-exposed area grows as
2 3!1Area Exposed - D 2D . Hence the drag force grows with the particle size as3 H
F ft p j D2D . When particles are compressed vertically, a friction force that
opposes their movement is generated; this friction force is proportional to the forces
compressing the particle as it travels through the channel. If the particle is assumed to
be a linear elastic solid sphere, the normal force compressing the particle can be
estimated as F - EE(Area Compressed) , where e is the particle's average
deformation and E is the particle's Young modulus. As the particle enters the device, it
has to deform to the channel dimension in order to flow through, then the average
deformation can be estimated as E D Again, assuming that the particle is
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incompressible, i.e. the particle's volume is conserved, and that the particle changes
shape from a sphere to a circular cylinder of diameter DH, it can be estimated that the
particle's compressed area grows as Area Compressed ~ rcD 3 /6DH . Hence the
DD rD
3
normal force compressing the particle can be estimated as F E D-DH . The normal
force, which compresses the particle, has the double effect of deforming the particle and
opposing the particle flow through a friction force that is function of the normal force
exerted to deform the particle. Since the fluid drag force grows as D1.5 and the normal
force as D3 , the normal force grows faster than the drag force as the particle diameter
increases, hence at a given particle diameter the friction force overcomes the drag force
and particles beyond that size cannot flow through the device, limiting the maximum
size of the particles flowing through the device.
2.3.3 HL-60 cells
HL-60 cells were washed twice with a solution of Phosphate Buffered Saline, PBS
(Sigma Aldrich). Then, the plain PBS was replaced with the Low Viscosity Media, a
solution made of 10 mL PBS, 0.1 g Bovie Serum Albumin, BSA (Sigma Aldrich). At
the same time, PDMS devices were incubated with Low viscosity Solution for 30-60
minutes at 20 'C (Room Temperature).
Cells were flown through a differential manometer with sensing and reference channel
square cross sections, H = 6pm, and 50 pm length. For the following experiments,
otherwise explicitly stated, the sample and solution were injected at a pressure of 13.8
kPa, 2 psi, and at constant room temperature of 20 'C.
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Figure 2.14 Hydrodynamic Resistance induced by HL-60 cells. a) Hydrodynamic resistance of the HL-60 cells as
a function of cell size.
HR was obtained and plotted as a function of average cell size relative to the size of the
channel, D/H, where D is the average size of the particle, the average of the maximum
and minimum cell lengths before the particle is compressed inside the measuring
channel (Fig. 2.14). HL-60 cells share similar properties to the gelatin particles in terms
of the HR. First, the induced resistance grows as the particle's diameter increases.
DSecond, the resistance rapidly increases as a function of relative diameter, -, hence the
induced resistance is a strong function of the particle size.
HL-60 cells also present new characteristics in terms of resistance. The induced HR
presents a higher variation than the one induced by gelatin particles; and effect that
could be caused by non-uniformities in the cell population, e.g. nucleus of different
sizes with respect to the cell size. Additionally, the size variation is smaller than that in
the case of the gelatin particles, but not negligible. If the cell cycle were completely
uniform throughout the cell population up till mitosis, then the minimum cell volume
would be half the maximum cell volume; hence creating a cell population with just 26%
diameter difference. Experimentally it observed that the diameter difference is higher,
~50%, which exemplifies the phenotypic differences across the cell population
measured.
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A full study and characterization of cell passage and induced hydrodynamic
resistance is presented in the following chapter, where factors like mechanical and
geometrical properties are studied.
2.4 Conclusions
In this chapter we have analysed and characterized the microfluidic manometers
that will be used in the following chapters. We determined that the manometer
sensitivity is affected only by the resistances upstream of the measuring junction, and in
order to maximize the sensitivity, the entrance resistances should be minimized. We
have studied the physical factors that can cause a delay in the measured induced
resistance: channel capacitance due to channel deformation and convective delay. We
determined that the leading factor causing a delay in the resistance readout is the
convective delay. Further, we determined that in order to avoid any signal delay, the
interface displacements should be measured as close to the measuring junction as
possible. Using numerical simulations and experiments, we determined that close to the
measuring junction, the interface displacement is a function of the distance from
measuring junction as well as the flow rates; in contrast, the interface displacement far
away from the measuring junction is position independent. Since interface displacement
measurement close to the junction is desired, a calibration function relating the position-
independent interface displacement to the interface displacement at the measuring
position must be obtained. It was determined that at low Re numbers, aside from the
convective effects, the calibration function is strictly growing and independent of the Re
number; while at moderate Re, a calibration must be performed for each velocity range
since inertia effects affect the interface displacement close to the junction. Further, at
moderate Re, the device sensitivity decreases and the calibration function is not
necessarily positive-defined.
The second theme of this chapter was the comparison of the induced resistance
produced by different samples. Here we tested droplets, solid deformable particles
(gelatin particles) and cells. We observed a strong dependence between the induced
resistance and relative particle size in all the cases. Further, cells induce the largest
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hydrodynamic resistance, followed by the gelatin droplets and finally the glycerol
droplets. In the case of glycerol droplets the induced resistance is minimized by the
presence of a thick layer of carrier fluid, mineral oil, between the deformed droplet and
the channel, in which most of the viscous dissipation occurs. In the case of gelatin
droplets and cells, the gap between the particles and the channel walls is submicron
(gaps cannot be seen from the optical images acquired). Hence, we can infer that
friction between the particle and the channel plays a major role during the passage of
solid deformable particles. In the next chapter, we analyse further the physics of cell
passage.
2.5 Nomenclature
a Circular channel radius
CR Sensing channel capacitance
Centrance Entrance channel capacitance
Cexit Exit channel capacitance
Ctubing Capacitance generated by the tubing connecting the device to the
injection reservoirs
D Particle diameter measured directly from micrographs
DH Square channel hydraulic diameter, equivalent to H
E Young modulus
h Interface position at different point of the control volume
H Device height, in the square channel it is also its width and hydraulic
diameter
HR Hydrodynamic resistance
I Sensing channel volumetric flow rate
Ireference Reference channel volumetric flow rate
IRexit Exit channel volumetric flow rate
L Sensing channel length
p Pressure scalar field
P' Injection pressure at the channel inlet
P Injection pressure
P* Injection pressure varied during calibration procedure
Pexit Outlet pressure at the device outlet
Q Sample channel mass flow rate
Qreference Reference channel mass flow rate
Re Reynolds number
R Sensing channel resistance
Rentrance Entrance channel resistance
Rexit Exit channel resistance
Rtubing Resistance generated by the tubing connecting the device to the injection
reservoirs
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t Time
u Average channel velocity
u Velocity vector field
uOnt Velocity leaving the control volume through the measuring channel
uont Average velocity leaving the control volume through the measuring
channel
w Interface position at the measuring point
W Measuring channel width
x Horizontal coordinate
y Vertical coordinate
z Coordinate perpendicular to the paper plane
a* Proportionality constant
a Proportionality constant that depends on the junction geometry
#l Positive and real constant
AR Induced Hydrodynamic Resistance
AP Small changes in injection pressure during manometer calibration
Ay Induced interface displacement
/I Channel length used in the capacitance calculations
Y Dynamic viscosity of the media
T Inertial unsteady time scale
v Kinematic viscosity
v Poisson ratio
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CHAPTER THREE
UNDERSTANDING THE PASSAGE OF CELLS THROUGH
CONSTRICTED MICROCHANNELS
Figure 3.1 Regular Division, Escher.
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The recognition of the importance of the flow of micro particles in biological systems
dates back to the observations of Jan Swammerdam in 1658, who was the first to describe
red blood cells in frog blood. Since then, Biology has charted the components of blood
and other biological fluids, and illuminated the function and role of the different cells
within. Furthermore, the alteration in the flow of cells has been found to be linked to
disease states; either caused by natural variation of the organisms, i.e hereditary like
sickle cell anemia, or caused by external factors, i.e. infections like malaria. Therefore,
the study of the flow of cells is not only a window to understand nature from a biological
and physical perspective, but a tool that can be used as for disease diagnostics.
Although the study of cell flow is not a new technical problem, only recently have cells
been studied in highly controllable microfabricated geometries. The study of cells in
controlled geometries can be tracked to the technique known as micropipette aspiration.
In micropipette aspiration a cell is partially aspirated into a glass microtube using a
constant pressure difference, and the aspirated length is then measured. In 1965, Fleischer,
Price, and Walker' used micro fabricated filters (plastic sheets with holes on the order of
few microns) to flow diluted blood samples and isolate cancer cells, which increased the
sample throughput but provided little insight in the factors affecting cell passage, i.e. the
test could not distinguish between differences in cell size and stiffness.
Recently, the advances in micro scale fabrication techniques have enabled the fabrication
of highly controllable microstructures to characterize and study multiphase flows and
biological processes. Variables like cell velocity, transit time and induced Hydrodynamic
Resistance (HR), the additional resistance induced by a cell as it travels through a
microchannel, have been analyzed in disease states like sickle cell anemia, malaria, sepsis
and some kinds of cancers. In 2006, Abkarian, Faivre, and Stone 2 developed a
microfluidic manometer capable of measuring hydrodynamics of cell suspensions
through small rectangular microfluidic channels and relate them to cell density inside the
channels. In 2008 Rosenbluth, Lam and Fletcher3 designed a device capable of relating
HL-60 cells transit time and cell passage fraction to cell-mechanical states induced by
drug treatment. Then, using a device similar to the one used by Rosenbluth, the flow of
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breast epithelial cells (MCF-10A) and non-metastatic tumor breast cells (MCF-7) 4 was
characterized and cell velocity, size and elongation were studied. In 2011 Bow, Pivkin,
Diez-Silva, Goldfless, Dao, Niles, Suresh and Han5 showed that they could relate red
blood cell's flow rate through rectangular constrictions to stages of malaria infection.
Despite the impressive progress in the design and fabrication of microfluidic devices for
measuring cell mechanics, several challenges remain in their construction and design. In
particular, it is not clear how cell mechanical properties affect cell passage through
constrained channels and to what extent. As a consequence, it is hard to make direct
comparisons between different microfabricated devices and differenct cell lines; each
time a new device is proposed, results should be compared with already studied cell lines.
Further, even when a control study is performed using an already studied cell line,
variability in study conditions, e.g. cell handling, fluid properties, velocities and device
fabrication, might render comparison meaningless.
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PART A:
FORCES AND FLOWS.
The main contribution of this chapter is to expand the current knowledge of single cell
passage through constrained channels. The aim is to link cell velocity, the force
compressing the cells (which can be linked to the cell's mechanical properties) and the
friction force between the cell and channel surfaces that opposes cell passage. In this
study we used microfluidic differential manometers, devices first reported in 2006 by
Abkarian, et al. Microfluidic manometers were selected because alterations in flow and
pressures can be monitored simultaneously, from which the induced Hydrodynamic
Resistance (HR) can be extracted. Flow rates and pressures at all points in any
microfluidic device can be calculated for every imposed boundary condition (imposed
inlet flow rates or inlet pressures) once all the circuit resistances are known (induced and
signed channel resistances). Therefore measuring the induced resistance is better than
measuring induced pressures or cell velocities since it provides almost immediate insight
into the possible hydrodynamic changes due to the presence of particles in the
microfluidic channels. Further, during the design of a microfluidic device, the relative
and absolute flow rates are determined by setting the channel resistances; therefore the
effects of the presence of particles in microfluidic devices can be included in the design
stage of the microfluidic devices. Also, once the induced resistances at all points of the
manometer are known, they can be used to calculate the forces applied on the cells as
they are traveling through the channels. Additionally in this study we use HL-60 cells
since they are roughly spherical, which simplifies the calculation of the mechanical
deformations suffered by the cell, and have been studied before, which provides a
reference frame for this study. Finally, in Part A we used for all experiments High
Viscosity Media, a solution that contains high molecular weight sugars and other
molecules, which has the function of diminishing cell adhesion and clogging; the effect
of using High Viscosity Media as compared to standard cell media for HL-60 is discussed
in Part B.
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3.1 Experiment Description
HL-60 cells were obtained from American Type Culture Collection (ATCC) and cultured
as described in the ATCC protocol. HL-60 cells ranging in size from ~8 to ~20 ym were
prepared in High Viscosity Media. The use of High Viscosity Media follows the
experiments performed by Stone et al. High Viscosity Media is used because it reduces
the flow velocity for a given applied pressure, which makes it possible to acquire detailed
video of the cells flowing through the sensing microchannel. Additionally, the presence
of PEG (i.e. pluronic) and high molecular weight molecules surrounding the cell
diminishes adhesion of the cell to the cell walls. Both modifications enabled the flow and
measurement of an increased number of cells before device clogging, as compared with
the plain PBS medium; the number of cells flown increased form a few dozens to
hundreds or thousands, enabling the extraction of statistically significant data.
3.1.1 Methods and Materials
Cells. HL-60 cells were washed two times with a solution of PBS. Then, media was
replaced with the High Viscosity Media; a solution made of 9.1 mL PBS, 9 g dextran
(MW = 2x106) (Sigma Aldrich), 0.1 g BSA, and 0.04 g Pluronic, F-108 (Sigma Aldrich).
At the same time, PDMS devices were incubated with High Viscosity Media for 30-60
minutes at 20 'C (Room Temperature).
Devices: Devices were fabricated by standard micro molding in polydimethylsiloxane
(PDMS, Sylgard 184, Dow Coming) using a SU-8 photoresist mold (Microchem). The
molds were placed in a large covered Petri dish containing perfluorooctyltrichlorosilane
(Sigma Aldrich) for 10 min to prevent mold-replica adhesion. PDMS was mixed (10:1
ratio) and a layer (4 mm thickness) was poured into the mold, degassed, and baked
(80 'C, 30 min). Then PDMS was removed, perforated to form the channel inlets using a
biopsy punch (0.5 mm internal diameter punch from Harris Uni-Core), and cleaned using
isopropanol. Finally, the PDMS component containing the channels was bonded to clean
glass slides using air plasma (30 s at 500 mTorr, Expanded Plasma Cleaner, Harrick
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Plasma, Ithaca, NY). Devices were stored for 7 days prior usage. Finally, devices were
connected to constant pressure reservoirs via Tygon tubing.
Image Acquisition: The device operation was observed at 4000 fps using a high-speed
camera (Phantom 7.1). The velocities of the fluid in the sensing and measuring channels
were obtained by tracking microparticles suspended in the respective media (- pim),
prior to the flowing of sample. Cell velocity was obtained by tracking the front part of the
cells as they flowed through the sensing microchannel. A Nikon Eclipse TE2000-U
inverted microscope with Nikon Plan Fluor 40x and 60x objectives, and an X-cite lamp
were used. For the confocal images an Olympus FV300 Laser Scanning Confocal
Microscope was used.
Measuring Hydrodynamic Resistance (HR) and other Hydrodynamic Variables: To
measure the induced HR we used a differential microfluidic manometer 6 (see Chapter 2).
The microfluidic manometer consists of a symmetrical Y junction. At the junction two
identical square inlet channels, sensing and reference channels, merge into a wider
channel, the measuring channel. A solution containing the cells and a reference solution,
liquids with different colors but otherwise identical mechanical properties, are flown
through the identical inlet channels of the Y junction. As the fluids merge inside the
measuring channel, they form an interface that moves up and down depending on the
relative flow rates on both channels. Thus, measuring the relative position of the interface
between the two streams, it is possible to calculate the relative flow rates in the sensing
and reference channels.
3.2 Changes in Resistance, Flow Rate, and Pressure due to the passage
of HL-60 cells.
Despite the relevant links that have been established between disease states, cell
mechanical properties, and cell transit velocity in constrained microfluidic channels, there
is a lack of understanding of how these variables are coupled together. Part of the
difficulty arises due to the challenge of modeling the cell mechanics 7', 8 while the square
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geometry of microchannels also presents a substantial departure from the circular
conduits such as micropipettes and filters that have typically been used for studying the
flow of cells9". Previous work on modeling cell passage has focused mainly on large
capillaries, i.e. channels larger than the cell size. Further, most of the theoretical", 12
numerical' 3 and experimental' 4' 15 studies on the flow of red blood cells (RBCs) through
capillaries cannot be extrapolated to other cell types. Unlike most cells, RBCs lack a
nucleus, are the most deformable blood cell type, and can be accurately modeled like
droplets or liposomes as only the cell membrane can account for the mechanical behavior
of the cell'6 . Other mammalian cells have a very different cell structure, and the cell
membrane, cytoplasm, and nucleus can all contribute to the mechanical behavior of the
cell.
We studied the passage of HL-60 cells through microchannels with a square cross-section
(Fig. 3.2a) using a microfluidic differential manometer (Fig. 3.2b). HL-60 cells have
been previously used for studying cell passage through microchannels 17 and
micropipettes' 8 , and were used here as models for leukocytes. The device was prototyped
in polydimethylsiloxane (PDMS) and bonded to glass, which is a common material
configuration used for fabrication of microfluidic devices and for studying the passage of
cells. In contrast to other existing devices for flow characterization such as the single-
channel' 9 and the multiple-parallel-channel 20 devices, microfluidic manometers permit
the simultaneous measurement of fluid flow rates and pressure differences caused by cell
passage, from which forces applied on the cell can be extracted. In the differential
manometer, the pressures at the two inlets and outlet were controlled. The relative flow
rates between a sensing channel (through which the cell flows) and a reference channel
(through which only cell culture medium with dye flows) were measured by monitoring
the displacement of the interface created when the two flows merged downstream into a
single channel, called the measuring channel. Once the relative flow rates are known,
they can be translated into induced Hydrodynamic Resistances and pressure variations
using the equivalent hydraulic circuit for the manometer (Fig. 3.2c). As a cell enters the
channel, it first squeezes to conform to the channel cross section and then flows through
the channel, during which a steady increased value of the hydrodynamic resistance is
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observed (Fig. 3.2d), referred to as HR in the analysis that follows. In the experiment,
high-speed video recording also provides the cell size (before entering the sensing
channel, constrained in one dimension to a height of 6 [tm) and the velocity of the cell,
which complements the measurements obtained from the differential manometer.
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Figure 3.2. Differential manometer and manometer circuit flow variables during passage of HL-60 cells. a)
Micrograph of HL-60 cells and microfluidic channel dimensions. D is the cell diameter before measuring channel and
after 2D compression at the device entrance. b) Schematic of the differential manometer and its working principle. c)
Manometer equivalent circuit. Dependence of induced resistance on d) HL-60 position in the sensing channel, and e)
HL-60 cell size. f) Variation of the total flow rate in the sensing channel with cell size. Qo is 0.090, 0.18, 0.44, and 0.99
pL/h for 2, 4, 8 and 16 PSI respectively. g) Pressure drop at the manometer junction as a function of cell size. Qo and PO
are the flow rate and pressure drop respectively, in the sensing channel in the absence of the cell.
Experiments performed at different injection pressures using the differential manometer
showed that for cells larger than the channel cross-section, induced HR increases with
increasing cell size, whereas HR is negligible for cells smaller than the channel size (Fig.
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3.2e). Additionally, as a consequence of the increment in sensing channel resistance, the
total flow rate through the channel also decreases (Fig. 3.2f). The downstream pressure at
the measuring junction also decreases slightly to adjust for the larger sensing channel
resistance, which is an indicator of the perturbation to fluid flow during the passage of
cells. However, the magnitude of this pressure decrement depends on the specific circuit
topology. Furthermore, even the induced HR, which is a cell passage-specific parameter
only mildly sensitive to flow rate, depends on the channel geometry and does not clarify
the role of interacting forces during the passage of cells. Consequently, additional
analysis is required to understand the interplay of forces involved during the passage of
cells through the channels, which are independent of the device parameters.
Towards this goal, we used the observable parameters (e.g. pressure drop at the junction)
to extract the forces experienced by the cell that relate directly to the passage of cells
through the microchannel (Fig. 3.3a). Forces can provide additional insight into the
mechanics of cell passage, and in particular, knowledge of the cell velocity and the
pressure force provides access to the nature of the friction forces acting between the cell
and the channel surfaces. From a force balance in the flow direction of the forces acting
on the cell, it can be determined that in the steady state, the fluid forces and friction
forces acting on the cell must balance. Friction forces regulate and establish the cell
velocity and fluid flow during cell passage, and are the missing link between cell
properties and the fluid flow. To extract the forces, the equivalent circuit model was used
to determine the pressure drop across the sensing channel during the passage of the cell,
from which the pressure drop in the unoccupied section of the channel was subtracted to
yield the pressure difference across the cell. The length of the unoccupied section of the
channel was estimated from the high-speed images (Fig. 3.3b). The force acting on the
cell was then calculated as a product of the pressure difference across the cell and the
cross sectional area of the channel. This approximation is valid since gaps between the
channel walls and the cell accounted for <10% of the total cross-sectional area as verified
by confocal microscopy, Fig. 3.6b (see also Appendix 1 for simulated examples of the
pressure fields induced by a solid rigid deformed particle traveling through a square
microfluidic channel). The resulting forces were found to be in the range of 50-1000 nN,
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which is sufficient to cause cell rupture when concentrated at a single point on the cell
membrane2 1 , explaining the occasional cell lysis that we observed. Similar to HR, the
pressure force acting on the cell increases with the relative cell size and injection pressure
(Fig. 3.3c). Using high-speed microscopy, we can also retrieve the cell velocity during
each measurement. The velocity is seen to increase with increasing injection pressure,
and decrease moderately with increasing cell size (Fig. 3.3d).
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Figure 3.3 Forces and velocities during the passage of HL-60 cells. a) Schematic diagram showing compressed cell
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length with cell size (D, before entering the sensing channel), and micrograph showing cell geometries. c) Cell velocity
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3.3 Forces during HL-60 passage
The cell passage is determined by seven non-dimensional variables:
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where
R is the undeformed cell radius,
H is the channel width and height (square channel),
[ is the media dynamic viscosity,
U is the cell velocity,
Fcomp is the force needed to keep the cell compressed inside the channel,
FFric is the friction force needed to move the cell along the channel,
E is the effective Young's modulus of the cell,
y is the cell membrane surface tension,
o is the characteristic roughness height, and
2 is the roughness mean distance between peaks.
(The previous non-dimensional variables neglect the time dependence of the Young's
modulus and the deformation dependence of the membrane tension, proper justification is
given in section 3.3). The objective of this analysis is to determine the functional
relationship between 13 and all the other non-dimensional variables, i.e.
FFric 
_ 2R FComp FComp EH 8 f) (3.2)
pUH H 'pUH ' EH 2 I y ' A' H
Non-dimensional parameters 5-7 (the last three ones in the equation) are kept constant
during the experiments performed and therefore represent only constant parameters in the
desired functional relationship. Parameter 6 is a non-dimensional number that represents
the material roughness and is assumed to be constant once the device materials and
fabrication process are chosen. Parameter 7 is a non-dimensional number that relates the
roughness to the channel size, and is also kept constant through the experiments since the
channel dimensions are constant. Finally, Parameter 5 is a non-dimensional parameter
that describes the importance of elastic forces versus membrane tension forces. In the
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case of HL-60 cells, is - 0.15 and as a consequence surface tension has a leading role in
the deformation forces, although they have a similar magnitude. During the passage of
HL-60 cells, since cells are not identical due to the population variability, ws varies
randomly between different cells but it's mean value is assumed constant since all cells
were selected from the same population at the same conditions. Hence, 7 5 can be
considered a constant during our experiments. For the afore mentioned reasons, the
following simplification can be performed:
FFric 
_ 2R FComp FComp
ytUH H pUH EH2)
Now, since F -omp = h -, -, and h can be calculated analytically, the function g can
be further simplified, i.e.
FFric 
_ (2R FComp(
ytUH H y IUH )
Then, it is possible to determine the functional relationship between the friction force,
compressions force, relative cell size, and viscous forces if two sets of data are collected:
1) 7T2 VS if3 at constant if1, and
2) i1 VS 7T3 at constant 7r2 -
3.3.1 Compressive forces in a constrained square microfluidic channel
From first principles, it is unclear if the friction force should depend on the compression
force (as it happens with macroscopic bodies where the normal force is directly
proportional to the friction force), or just on lubrication forces (as it happens during the
lubricated movement of rigid objects through gaps slightly larger than the objects
themselves), or both and to what extent. In order to test the dependence of the friction
force on the compressive forces we first need to determine the afore mentioned h function,
that relates measurable cell properties to compressive forces.
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Figure 3.4 HL-60 cells before and during passage through square microfluidic channels. a) Micrograph of HL-60
cells and dimensions before compression. b) Micrographs showing HL-60 cells compression and deformed cell
geometry. Inset shows cell cross section A-A', showing the cutting plane used during compression force calculations.
When a spherical cell of radius R enters into a square cross-section channel of width H,
the cell deforms to conform to the channel and the channel exerts a force on the cell,
Fcomp, to keep the cell compressed (Fig. 3.4). If we consider the free-body diagram of
the deformed cell cut in two halves axially (Fig. 3.4b cut A-A'), through the middle and
in the direction of the flow, we can estimate the force required to compress it,
Fcom -y(PerMidcell) + (APcell + aMidcel )AreaMidcell, (3.5)
where
PerMidcell
AreaMidcell
APceu
-Midcell
is the perimeter at the middle of the cell where the cut was performed,
is the area at the middle of the cell,
is the pressure drop across the cell membrane,
is the stress needed to deform the cell elastically.
Hence, in order to calculate the compressive force we will calculate the deformed cell
dimensions, pressure inside the deformed cell and the compressive stresses in side the
cell.
3.3.2 Cell Deformed Dimensions.
Assuming the cell to be incompressible, due to their high water content, the volume is
69
conserved as the cell is deformed, thus
VoIceu = Const = VOlDeformed = VOlUndeformed,
then,
H2L+4w(HL) =4R 3,
or if the contact angle, 0, is known,
H2 L + -wh2(3r - h) = 41R 3 ,3
where
H
2 sin( -
and
H
2
(3.6)
(3.7)
(3.8)
(3.9)
(3.10)
where it was assumed that the deformed volume can be approximated as a square
cylinder of width H and length L and two semi-spherical caps of radius H/2. Simplifying,
2L 7r- 12R3
H 3 HJ (3.11)
The cell's mid-cross sectional Area and its Perimeter along the cell's elongated direction
(each cross section plane contains a vector in the flow direction and one of the vectors
normal the walls, symmetry is assumed such that both planes are equivalent) can be
calculated as:
AreaMidcell = HL + iH2 = H (2L + I , (3.12)
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or if the contact angle is known,
(3.13)Areamidceul = HL + (2 sin(O-2) 20 -- sin (2 -
and,
Permidceui = 2L + wH, (3.14)
or more exactly, if the contact angle between the deformed cell and the channel are
known,
2H(O- )
PerMidcei = 2L 2M~dcellsin(O-'
2)
(3.15)
where 0 is the contact angle between the cell and the channel. The area in contact with
the wall can be calculated as
Areawaut = HL. (3.16)
3.3.3 Pressure Difference Across the Cell Membrane
If we assume that the cell is composed of an internal incompressible material with
effective Young modulus E surrounded by a membrane under tension. The pressure drop
across the cell can be calculated using Young's Equation, then
APce = 2y 4yA~ceiR1 H' (3.17)
where R' is the curvature at the center of the front and back of the deformed cell. It must
be noted that in general the cell membrane tension force is a function of shear stress,
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although in this particular case, since HL-60 have a highly wrinkled membrane, y can be
22
considered constant
Additionally, if we take into account variabilities in the contanct angle between the cell
membrane and the channel wall, the pressure drop across the membrane can be calculated
as:
APceu = y ~ ysin( - ), (3.18)
where
R' is the curvature at the center of the front and back of the deformed cell,
0 is the contact angle between the cell and the wall.
3.3.4 Cell Strain
The shear stress can be calculated using Hooke's equation in 3D. Due to the short transit
times, <<1 s, it is reasonable to assume that cells behave incompressibly. Further, despite
their complex structure, the cell behavior can be lumped in a single effective Young
23
modulus because of the short transit time
Starting with the generalized Hooke equations,
a11 - [( 1-2 - v)Ell + VE 2 2 + VE 3 3 I, (3.19.1)(1+v)(1-2v)
U22 - (1+v) 1-2v)E + (1 - V)E22 + UE33I> (3.19.2)
3 (1+v)12v) [yE1 1 + yE 2 2 + (1 - )E 3 3], (3.19.3)
where E is the Young Modulus, v is the Poisson ratio, rij is the stress on the i plane in
thej direction, and Ec; is the deformation associated with the (i, j) direction. Setting Ett -
E22 E, due to symmetry in the directions normal to the wall, and c33= 0, due to
unconstrained deformation in the flow direction, Hooke's equation in the flow direction
becomes
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E33 =- E. (3.20)
Now, using Hooke's equation in any of the directions normal to the walls, and setting
11= = o, due to symmetry,
S= E 1-2v2 _V El, (3.21)(1+v)(1-2v) 1-v
or simplifying,
Midcell EE (3.22)
where we can approximate the strain by assuming the cell to be a parallelepiped body.
The strain through the cell is not completely uniform; since the cell is roughly spherical,
the way deformation and stresses are distributed is affected accordingly. Further, the cell
has internal structure, e.g. the nucleus, which would alter this uniformity further.
Nevertheless, we can approximate the strain by an average value, which can be estimated
by assuming the cell to be a parallelepiped body of effective Young modulus E; hence
H f =-n = Ind (2, (3.23)
where S is the instantaneous compressed width of the cell.
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3.3.5 Compression Force
Finally assembling all the equation components for the compressive force
Fcomp = -y(Periaceii) + (APceii + uMidceli)AreaMiacell,
or
Fcomp = -y(2L + w H) + + E In 2L
(3.24)
(3.25)
where L is the length in contact with the microfluidic channel and can be calculated by
volume conservation between the free and deformed cell geometries, i.e.
H2 L + (2) = TR 3 ,
or simplifying
2L
H
2R13.
H
(3.26)
(3.27)
Alternatively, if we consider again the contact angle variation,
Fcomp = -y(2L + H) + (Ysin(6 (3.28)
or
Fcomp = -y (2L
L 2sin 0- + Lnv
2H (0 -
+ z+
sin -
2R HL +
H) 20 - - sin (20 -
or
74
2 sin (0-12)
(3.29)
IT E 2R)) H
--. )+-In - -(2L
2 1-V ( H 2
Fcomp = -Y ± +(s nL - H+ (-sin (o - n + E ) (
where <P = and 7 = #3 _ 3 -
H H 2 6 2 sin(6-) 2
3.3.6 Curve-Fitting of Non-dimensional forces.
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Figure 3.5 Non-Dimensional Plots relating friction force to cell variables. a) Non-dimensional friction force as a
function of cell size before any deformation (2R) at constant non-dimensional compression force. b) Non-dimensional
friction force as a function non-dimensional compression force for different cell sizes.
The non-dimensional plots (Fig. 3.5) show that for w2 = Fcomp = COnst, 71 and w3 are
related empirically by an expression of the form:
fn2=const = C1 (Fcomp) +C2 (Fcomp) H _ 1)M (3.32)
where m > 1 and C1, C2 > 0 . In order to select the value of m that best fits the
measurements, values of C1 and C2 were obtained by minimum squares for values of m
between 2 and 5. Then for each set of m, C1 and C2, the value of the weighted covariance,
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(20- 
-sin(20-!!)) 2
+ 4sin2(0-_2 H2, (3.30)
(3.31)
F ,n/gpUH Pressure Force
on
F /pU H Inx104
I'MINI
cov( 7r3 . Ir(2, (cic2 1) , was calculated. Finally, the m value that minimized the
sqrt(var(In2(r31c>*varii
average weighted covariance was selected as the best m estimation, in this case m=2.5
(Table 1).
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Table 1: Minimization of covariance for w2 =O"P = const.IUH
Also from the non-dimensional plots at constant i1 , 7r2 and 7 3 are related by an
expression of the form
i=const = C3 (2) + C4 (X ( Fcompfir 1c n H Hc(1 )c()~ #Uff (3.33)
where 0 < n < 1. Following a procedure similar to the one used for faj=const, n was
varied between 0.2 and 0.5 and the best fit to n was determined to be n=0.35 (Table 2).
Using equations 15 and 16 it is possible to obtain a general equation relating i1 , if 2 and
if 3 :
Fic =CS (Fcomp 0'35
yUH y\ AUH ) + ) X ((R_ 1)2.5 + C7 ) + c8 . (3.34)
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0.18
-0.02
6.068
14.28
9.45
10.99
13.34
36.07
17.63
86.87
22.29
Cov
0.00
0.01
0.01
0.00
. Al
3.475
28.08
5.312
35.42
7.358
75.39
9.56
145.5
11.9
2JA2 2
Cov
0.74
0.76
0.58
0.52
nAGM
1.183
47.35
1.743
69.52
2.327
130.2
2.923
227.1
3.53
Cov
-0.01
0.07
0.06
0.04
0.03
Table 2: Minimization of covariance for 7r = = = const.
Alternatively, we can aim to isolate the static components of force by using an expression
of the form
f =c ( C9 (2R) X ( FComp) + C1 0  2R ( FComp) + C11 (2), (3.35)MtUH H..tUH H UHH
where 0 < n < 1, the first term represents the viscoelastic-lubrication contribution to the
friction force, the second term (which is independent of U) represents the static
contribution to the force (the friction force component needed to be overcome to produce
cell movement) and the last term represents the isolated effects of partial channel
blocking without cell-channel contact that may occur for small cells.
n=02 n=56. n0.35 n=0.40 n=.50
2R Cov Cov Cov Cov Cov
H
C, 15.24 4.93 2.96 1.82 1.14
C10 0.0045 0.0041 0.0039 0.0036 0.0032
C11 21.68 -.01 43.81 -.01 50.11 -.01 54.83 0.00 58.5 -.57
C, 31.31 15.04 9.45 5.31 3.02
CIO 0.0043 0.00091 3.6e-14 2.2e- 14 3.4e- 14
C11 6.9e-7 0.27 9.88e-07 0.28 10.99 .01 35.42 0.03 54.39 -.96
C, 51.46 23.65 13.34 7.35 4.11
CIO 0.0040 2.8e-12 2.5e-14 2.4e-13 1.2e-12
C11 7.9e-6 0.26 6.21e-07 0.18 36.07 .01 75.39 0.02 105.9 -.79
C, 78.82 33.13 17.63 9.56 5.25
C10 0.0034 2.le-12 2.6e- 13 2.7e-l Il 1.3e-l I
C11 1.9e-5 0.24 8.34 -.02 86.87 0.00 145.5 0.01 190.9 -.72
C, 112 42.54 22.29 11.9 6.44
CIO 0.0030 1.26e-12 3e-13 6.2e-1 I 7.le-11
C.. 2.6e-5 0.23 49.83 -.02 160.6 -.01 243.3 0.00 307.2 -.69
Table 3: Minimization of covariance for i = =' = const.
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n=0.35 n=-0.5n=0.25 n=0.3 n=0,4
Following a procedure similar to the one used for f cn n was varied between 0.2
and 0.5 and the best fit to n was determined to be n=0.35 (Table 3).
From the values of C9, C10 and C11, it is possible to discern the relative magnitude of the
different forces. For the range of velocities analyzed, ~1-10 mm/s, and the cell sizes
sampled, the dominant force is due to the viscoelstic lubrication term, while the static
friction and channel occlusion terms contribute a small fraction.
Finally, we can combine the information gained through both graphs. Since m = 2.5 in
Equation 1, the friction force scales with the size of the cell at a rate faster than the
growth of the cell-surface contact area. In Equation 2, the second term accounts for >90%
of the changes in friction force. Neglecting the other terms in Equation 2, we can write:
ki k2$ -1)2.5] Fcomp 0.35[k, + , (" - i) F~~)(3.36)
Where k, and k2 are constants. Thus, friction force scales with cell velocity as U, 65 and
with compressive force as Fcomp0 35; therefore the force required to move the cells is
mainly due to viscous dissipation and secondarily influenced by the force needed to
compress the cell. This case is intermediate to the macroscopic case where the friction
force is directly proportional to the normal force and the lubrication case where friction
scales linearly with velocity. Therefore, since the friction force depends on both the cell
velocity as well as the compressive force, cell passage is a soft lubrication problem, in
which the contact surfaces can be deformed due to fluid forces, changing the pressure
distributions through the geometry.
Using non-dimensional analysis and energy conservation it is possible to calculate the
magnitude of the gap between the cell membrane and the channel surface to get a better
picture of the additional deformation of the interface due to the cell movement. If all the
energy required to produce cell movement goes into viscous energy dissipation, then the
following relationship is valid
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W ~ FFricU U ) H3, (3.37)
\hgap/
where hyap is the characteristic gap thickness. Then it follows that
hgap ~ UH H; (3.38)
FFric
therefore the gap thickness is in the order of 60 nm, small enough to not be visible with
the optical microscopes used and small enough to assume that the cell and channel
surfaces are almost parallel to each other and quasi-conformal.
The afore estimated value of gap thickness can be compared with the predictions based
on recent theoretical studies on soft lubrication geometries, e.g. the case of soft sliders
moving at constant speed separated by a small gap from flat hard surfaces developed by
Skotheim and Mahadevan 24. This model differs from the present case in which it assumes
small deformations, hence the soft slider remains approximately spherical while in this
case the contact area is fairly flat due to large deformations. Further, the slider model has
an uniform constant pressure outside the contact area while in this case the pressures at
the extremes of the contact area are different since this difference drives the cell
movement. Nevertheless, we can compare the gaps predicted by the soft slider model and
the present problem if we assume that the surface displacement is approximately constant.
From such analysis, we can estimate the gap thickness, haap, to be hgap ~ UH H for
Fcomp
the elastic solid case, which gives a gap in the order of 200 nm, a value consistent with
the energy analysis performed.
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3.4 Flows and velocities during HL-60 passage and Hydrodynamic
Resistance
We now look into the origins of the Hydrodynamic Resistance during passage of the cell.
The hydrodynamic resistance the cell depends on the cell-surface friction and is
modulated by leakage flow around different zones of the cell-channel interface, e.g.
channel corners or channel surfaces. From the bright-field high-speed images, cells seem
to conform uniformly to the channel shape (Fig. 3.2d & b); nevertheless small debris is
sometimes seen to surpass the cells by travelling along the channel corners, especially for
small cells. To assess the presence of these small gaps between the cell and the channel,
confocal microscopy of cells statically confined in the microfluidic channel was
performed (Fig. 3.6a & b). The confocal images revealed ~1 pm sized pockets between
the channel corners and the cell. Further, although cells conformed well on average to
upper and lower channel surfaces, the deformation was not uniform and cells tended to
conform better to the bottom surface (glass) rather than the PDMS surface, which may be
caused by a difference in surface energy or smoothness of the glass surface.
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Figure 3.6 Cell-channel gap and gap leakage flow. a) Schematic showing gap flow and measurement setup. b)
Confocal image showing the cell cross-section as it enters the microfluidic channel and micrograph showing the
microchannel cross-section. c) Gap flow rate as a function of cell size (obtained from cell velocity and 2nd order
polynomial fit to total flow rate data, color regions denote one standard deviation error obtained from a 2 "d order
polynomial fit). d) Cell-wall gap hydraulic resistance as a function of size and calculated resistance assuming 0.8 Pm
radius gaps of variable (contact) length at the channel comers. The scatter in the model data is due to the variation in
the observed contact length and measurement errors in the flow rates.
The leakage flow was estimated from the difference between the total flow rate and the
flow rate corresponding to the cell velocity. In these experiments, the cell velocity is only
slightly smaller than the average flow velocity in the channel, resulting in a small flow
rate (<10% of the total flow rate) through the channel gaps, in contrast with the case of a
static particle in the microchannel where all the flow passes through the cell-channel
gaps. Leakage flow slowly increases as cell size increases, which points towards larger
cells increasingly blocking the channel. To determine the extent of change of the corner
gap as a function of cell velocity, the corner flow resistance was calculated by dividing
the pressure difference across the cell by the corner flow rate (Fig. 3.6d). From the
resistance curve, it can be estimated that the each of the four corner gaps has a hydraulic
diameter of -1.5 [tm, which agrees with the confocal images. Since the hydrodynamic
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resistance scales inversely with gap size to the 4th power, the results indicate that the cell-
channel corner gap geometry remained relatively constant across the conditions reported
here.
3.5 Theoretical Models of the Passage of Solid Deformable Particles in
Microchannels
As describe at the beginning of this chapter, several studies have tried to elucidate
the origins of the forces experienced by solid deformable particles as they interact with
surfaces, i.e. walls, channels, etc., by solving exactly simplified cases or by using
numerical simulations. Possibly the most comprehensive theoretical attempt to model the
passage of red blood cells (RBCs) in narrow channels is the work done by Lighthill 25 and
later on improved by J. M. Fitz-Gerald 26 while working at the Imperial College. Recent
numerical models have added additional layers of complexity to improve his analysis
(e.g. full geometrical description, membrane tension dependence on deformation, etc.),
but his model remains as the most clear and general enough that can be extended to other
cell types as HL-60 cells. In this section we will compare some of its quantitative and
qualitative predictions with our experimental results.
3.5.1 The Fitz-Gerald Model
Fitz-Gerald work intended to "provide only order-of-magnitude information about
the clearance and elastic compliance of an erythrocyte-like pellet", and consequentially
used a simplified physical model that could clarify the physics of the RBC cell passage.
Fitz-Gerald model assumed that an axisymmetrical deformable particle flows through a
cylindrical capillary smaller than the particle. The particle is assumed to have un-
deformed dimensions slightly larger than that of the channel. Under no-flow conditions,
the channel is assumed to exert a compressive pressure, po, that keeps the particle
deformed inside the channel and no gap exist between the particle and the channel of
radius ro. During the particle's movement, additional compressive forces are generated
due to the viscous flow surrounding the particle. Locally, the additional pressure,
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Ap + po, deforms the particle and causes a small difference between the particle and
channel dimensions, creating a self-consistent model. In Fitz-Gerald model, the particle is
modelled as an elastic solid an as a consequence the particle deforms locally in
proportion to the additional local pressure. Additionally, the channel walls are considered
completely rigid, an assumption that is consistent with the lower compliance of blood
capillaries when compared to that of RBCs. Hence, the particle's local radius can be
expressed as a function of the local pressure and the position, x, by the expression
R (x) = c(x) - 1(Ap) (3.39)
where l(Ap) is the deformation caused by the additional viscous pressure, and c(x) is a
function of position along the particle, x, which models the particle radius when the
particle is static. As a consequence the gap between the channel and the particle can be
expressed as:
h(x) = ro - c(x) + l(Ap). (3.40)
Further, as stated before, Fitz-Gerald assumed that the local additional deformation due to
the viscous flow is directly proportional to the local pressure increment, i.e.
I(Ap) =f * Ap, (3.41)
where f is a proportionality constant which is a function of the particle's mechanical
properties and size.
In Fitz-Gerald model, a force balance between the fluid drag force on the particle (created
mainly in the gap between the particle and the channel) and the pressure force difference
between the back and front of the particle ensures the self-consistency of the model, i.e.
(Pback - Pfront)rro2 = 2wT f R(x)T(x) dx, (3.42)
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where r is the shear stress caused by the local flow surrounding the particle. The force
balance condition described before, as Fitz-Gerald explains himself, is just an
approximation. The pressures at the back and at the front of the particle are not uniform,
but their variation is much smaller that that of the pressure difference between the back
and the front. The uniform pressure approximation becomes better as the ratio between
the gap and channel cross sectional areas decreases, thus the pressure approximation
becomes better as the gap becomes smaller, which is consistent with the model used.
Further, the drag at the front and the back of the particle are not zero, but they become
negligible when compare with the drag at gap when the gap between the particle and the
channel is small, again consistent with the model.
Further, assuming a Newtonian locally-fully-developed viscous flow along the gap
between the channel and the particle, the shear stress can be calculated as
= -2 + 6 , (3.43)h h
where U is the particle's velocity, and Q is the fluid leakage backflow (remember that the
coordinate system in this analysis is attached to the moving particle).
Further, in his analysis, Fitz-Gerald assumed that the static particle has a parabolic shape,
hence
c(x) = ro - O.5kx 2 . (3.44)
Thus, Fitz-Gerald model describes only slightly deformed particles for which the
parabolic shape is a good approximation (a reasonable approximation for slightly
deformed spheres).
Following the initial setup described above, Fitz-Gerald solved the equations numerically
in terms of the following non-dimensional variables:
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A = p(Uk8 (3.45)
r02(kro) 0-5'
B = (Pjront - Po), (3.46)
To
C = 2Q (3.47)
D" - (Pback-Pfront)rt(kro)0 ,5  (3.48)pU
E = L (Pback - Pfront), (3.49)
To
F = 0 (Pback+Pfront _ Po). (3.50)
ro 2
A reflects the ratio of the viscous forces and the forces needed to deform the particle into
the channel. B is the gap at the particle's front normalized by the channel size. C is the
"ratio of the typical gap size and the tube radius". D " measures "the resistance on a scale
of the resistance experienced by an equal length of tube containing an equivalent
Poiseuille flow". E measures the variations in the gap caused by the pressure differences
along the particle's length normalized by the channel radius. F measures the average gap
caused particle's deformation normalized by the channel radius.
A=10~44.
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Figure 3.7 Plot of resistance parameter D" as a function of clearance F for several values of the velocity
parameter (Taken from Fitz-Gerald paper).
The Fitz-Gerald model predicts non-obvious results from this simple model (Fig. 3.7).
Using a D "-F diagram obtained numerically, Fitz-Gerald predicts resistances much
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higher than those observed in a simple Poiseuille flow, in the order of 100 to a 1000 times
larger. Further the Fitz-Gerald model predicts resistances that do not increase as rapidly
with velocity as do Poiseuille resistances. For a Poiseuille flow, D" would not be a
function of A, i.e. it would be a constant. In the Fitz-Gerald model, D " is a function of A
and F. For instance at F=-0.1, D " varies as A
When comparing our experimental results to those predicted by Fitz-Gerald we realize
that his model is not completely applicable to our case. First, the particle is assumed to be
slightly deformed, whereas in our case the particle is severely distorted; in our case the
particle is so distorted that instead of using a parabolic approximation a plane would be a
better fit for the particle surface next to the wall. Second, the gap in our case is so small
that approximating the cell surface as smooth is a pretty crude approximation, in
particular when the HL-60 cell's surface is notable by its roughness. Third, our use of
square channels instead of circular cylinders will cause larger leakage and backflow than
that predicted by the Fitz-Gerald model, and thus a smaller resistance than the one
predicted. Finally, the use of a linear model for the deformation that creates the gap
around the cell is at best a first order approximation.
Nevertheless the Fitz-Gerald model predicts several features observed during the passage
of HL-60 cells. First, the particle's resistance is several times that of the empty channel.
By looking at Fig. 3.2 it is possible to calculate that in HL-60 cells case, the normalized
resistances, D*, have numerical values smaller than 10. Thus the particle's resistances are
several times larger than the ones of the empty channel, although not hundreds of times
larger as predicted by the Fitz-Gerald model for A =0.001 and F=0.
Second, in the case of the HL-60 cells, the cell's resistance is a weak function of the
cell's velocity, as predicted by the Fitz-Gerald model. In the HL-60 cell case, if we
approximate the cell velocity as that of the flow, we can extract the approximate HL-60
resistance as
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R (Pback-Pfront) Hk 2R 12.51 Fcom"- 35 0UH .65
Total Flow Rate (FLc)H2U - HU 2H
(3.51)
If we normalize by 8pL/H 4 , an approximation of the resistance when the channel is
empty, we can calculate the relative resistance as
D* =L. ki + k2 ( - 1) Fcomp. 3 s ([H).6 s, (3.52)
where
H1.(3.53)
Thus, the cell resistance grows slower than the resistance of Poiseuille flow, in this case
D*U-o. 3s. Despite the numerical value of the exponent is similar to the one predicted by
Fitz-Gerald, it should be noted that the example given by Fitz-Gerald in his paper was
calculated for a clearance F=-0. 1, whereas in the experiments a value close to 0 would be
appropriate. In the case of F=0, a value of the exponent closer to 0.2 can be extracted
from the non-dimensional plots obtained by Fitz-Gerald, an exponent value that is still in
good agreement with the measurements.
In a later paper, 1982, Vann and Fitz-Gerald improved over the original model by
relaxing the assumption of spherical particles and fixing a small mistake in their original
calculation2 7 . Their improved model values predicts induced resistances in the order of 20
times that of an empty channel, a value still higher than the one measured in our
experiments, but an order of magnitude closer to the experimental values.
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3.6 Part A Conclusions
Upon inspection of the results, a picture emerges: cell passage in constrained square
channels is determined by the balance between friction forces and fluid forces created by
the pressure difference along the length of the cell, which in turn can be regulated by
leakage flow through gaps between the channel and the cell. Hence, the cell-channel
system can be described by the pressure-driven flow of a solid deformable particle in a
duct that allows for gap leakage and which is subjected to friction forces, which in turn
depend primarily on cell velocity, cell-surface contact area, and compressive stress.
The present work extends the simultaneous measurement of forces and flow rates during
passage of cells through microchannels beyond RBCs. Additionally, as opposed to
previous work where only flow rates or pressure variations within the microfluidic
devices are reported, here we extract gap flow and friction forces, which are device-
independent. The fundamental understanding linking cell-passage hydrodynamic
variables will enable the design of new devices to probe cell biophysics and
mechanobiology, and shed light on experimental results already available in the
literature, such as cell passage through microchannels and filters. Further, the
experimentally determined friction law can be used to link experiments performed using
different geometries, e.g. flow through constrained parallel plates.
Finally, the friction force can be used to predict the behavior of solid particles in any
microfluidic circuit (Fig. 3.8). First, we model the circuit with no particles as a resistance
network. Then we calculate the flow in the unperturbed network. At the next step we
calculate the friction force using as input the known the channel size, cell geometry and
mechanical properties, and we assume that the particle moves at the average speed of the
undisturbed microfluidic circuit. Then, we calculate the induced pressure drop across the
cell by dividing the friction force by the cross sectional area of the channel. Next, we
redraw the resistance circuit by replacing the resistance that corresponds to the channel
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section that the cell occupies with the calculated pressure source (i.e. voltage source).
Then we recalculate the pressures and flow rates across the circuit and verify that the
velocities are consistent with the velocities assumed at the beginning (the cell velocity
can't be higher than the average channel velocity). If the velocities are not consistent, the
cycle is repeated using new velocities till logical agreement is achieved. If an equation
that relates velocity to the induced resistance is known, it can be used instead of the
pressure source approach; the main drawback of such approach is that at least an
approximate knowledge of the relationship between the total flow rate and the cell
velocity is required; fortunately we have observed in our measurements that for the high
pressures used in our experiment the difference between the cell velocity and the average
channel velocity is small.
Input:
- Channel size
- Cell geometry and mechanical properties
- Initial Velocity
j[j> F=ic k + k2 (2 - 1)2S (Fcomp) 0 35 (yUH)o.65
112& = AP
-Circuit Model
- New Velocity
Figure 3.8 Algorithm to predict dynamic variables, e.g. velocities and pressures, in any microfluidic circuit.
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PART B:
MEDIA AND CELL MODIFICATION
In the second part of the chapter we quantified the effects of media choice (affecting
sample cell size distribution, viscosity and cell adhesion) and cell stiffness variation
caused by fixation in the cell passage of HL-60 cells, which can be used as an indicator of
passage variability due to cell handling. In the first part of the chapter we used High
Viscosity Media, a solution with high molecular weight sugars and polymers, with the
objective of reducing adhesion, decrease channel blockage, and reduce the cell's velocity
to make imaging easier. Nevertheless, we never properly justified its usage; we never
quantified the effects of High Viscosity Media on cell passage and the possible secondary
effects on the cells due to this media selection. The first aim of part B is to provide a
quantitative view of the effects of media choice and its effects on the size of HL-60 cells.
The second objective of this chapter section is to provide a quantitative view of the effects
of chemicals that directly modify the cell mechanical properties, i.e. effective mechanical
stiffness. Several drugs have been shown to affect cell passage; Rosenbluth, Lam and
Fletcher 28 related HL-60 cells transit time and cell passage fraction to cell-mechanical
states induced by cytochalasin, a substance that reduces cell stiffness by disrupting the
formation of actin filaments (filaments that provide part of the cell mechanical support),
and other drugs. Other experiments have found no significat difference in the cell passage
velocity of treated and untreated cells; the flow of breast epithelial cells (MCF-10A) and
non-metastatic tumor breast cells (MCF-7) 29 showed no significant differences in terms of
cell velocity. Here we will use HL-60 cells to study cell passage upon exposure to
histochoice, a cell fixation agent, and cytochalasin.
3.7 Effects of High Viscosity Media on the flow of HL-60 cells
In this section we quantify the effects of media choice in the pressure, flow rate and
resistance changes induced during cell passage. Here we used two kinds of media: the
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previously used High Viscosity Media and Low Viscosity Media, a solution made of PBS
and BSA (therefore lacking high weight molecules) that was used as a reference solution.
3.7.1 Experimental Procedure
Cells were flown through a differential manometer with sensing and reference channel
square cross sections, H = 6pm, and 50 Im length. During media variation experiments,
the sample and reference solution were injected at a pressure of 13.8 kPa (2 PSI), and at
constant room temperature of 20 'C. During the cell modification experiments sample
and reference solution were injected at a pressure of 6 PSI and at room temperature.
HL-60 Cells in Low Viscosity Media
HL-60 cells were washed twice with a solution of PBS (Sigma Aldrich). Then, cells were
centrifugated, the plain PBS removed and cells resuspenden in Low Viscosity Media, a
solution made of 10 mL PBS, 0.1 g BSA (Sigma Aldrich). At the same time, PDMS
devices were incubated with Low viscosity Solution for 30-60 minutes at 20 'C (Room
Temperature).
HL-60 Cells in High Viscosity Media
HL-60 cells were washed two times with a solution of PBS. Then, media was replaced
with the High Viscosity Media; a solution made of 9.1 mL PBS, 9 g dextran (MW =
2x10 6) (Sigma Aldrich), 0.1 g BSA, and 0.04 g Pluronic, F-108 (Sigma Aldrich). At the
same time, PDMS devices were incubated with High Viscosity Media for 30-60 min at
20 'C (Room Temperature). In the case of stiffness-modified cells, 5% v/v of Histochoice
MB Tissue Fixative (bioPLUS Fine Research Chemicals) was added during the last
washing step, and cells were allowed to rest in this solution for 30 min at 20 'C (Room
Temperature) before the media replacement.
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3.7.2 Induced Hydrodynamic Resistance, Pressure Drop and Flow Rate Variation
during the passage of HL-60 cells
In order to determine the role of combined media viscosity and adhesion in HR, Low
Viscosity Media was prepared as described in the Experimental Procedure Section. Low
Viscosity Media lacks the extra high molecular weight sugar and PEG present in the High
Viscosity Media. In this experiment, due to the continuous clogging of the microfluidic
channel, five different devices were used. Sample was flown at 13.8 kPa (2 psi).
The Low Viscosity Media sample showed a substantial increment in HR as compared to
the High Viscosity Media, a factor between 2-5 (Fig. 3.9). Hence, the ability to flow
hundreds or thousands of cells by using the High Viscosity Media comes at a price: the
reduced HR produces a lower interface displacement in the differential manometer, and
hence higher relative sensitivity to noise and lower sensitivity to cell properties. The
High-Viscosity-Media HR increment can be potentially caused by two factors: first, the
decreased viscosity can produce a lower quality lubrication which increases resistance,
and second, the lack of high molecular weight sugar and PEG can increase the adhesion
of the cell membrane to the PDMS walls.
Since the induced resistance decreases when the media viscosity is increased, the change
in other flow variables, i.e. pressure and flow rate, decrease in magnitude too (Fig. 3.9 c
& d). The variations in relative pressure jump at the sensing junction and the relative
sensing-channel flow rate decrease accordingly. Based on linear extrapolation from the
flow rate versus cell size plot, Fig. 3.9, the change in flow rate in the case of Low
Viscosity Media indicates channel occlusion, i.e. clogging, for cells with approximately
D/H>2.5; while for the High Viscosity Media, the flow rate versus cell size plot point
towards clogging at roughly D/H>3.5, a value much larger than the maximum cell size in
the HL-60 population (Fig. 3.9d).
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Figure 3.9 Cell passage variables with Low and High Viscosity Media. a) Device schematic showing HL-60 cells
and deformed geometries. Inset shows dynamic viscosity at different shear stresses for High and Low Viscosity Media
respectively. b) Relative induced resistance as a function of relative cell size. c) Pressure drop at the measuring junction
as a function of cell size. d) Flow rate through the sensing channel as a function of cell size. e) Micrographs showing
HL-60 deformed dimensions as a function of relative cell size. f) HL-60 deformed length as a function of cell size.
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The average cell size can suffer modifications due to cell handling and processing. The
addition of high weight molecules to the media to modulate viscosity and adhesion can
potentially change the equilibrium osmotic pressure of the cells. Since the molecules
added to the media are extremely large (~ 1 MDa), intact cell membranes are expected to
be impermeable to these molecules. Hence, in response to the osmotic pressure
differential, ~0.25 atm, water molecules could leak out from the cells. Further, different
sedimentation rates through the tubing could also affect the average cell size of the
sample analyzed. As a result the HL-60 cell population measured experiences a size shift;
the average size for cells in High Viscosity Media is smaller than the average cell size of
the cells in Low Viscosity Media, 1.6 D/H and 1.9 D/H respectively. Further, the
maximum cell size analyzed changed from 2.3 D/H to 1.9 D/H, ~20 % . Hence, even if
both samples were collected from the same population their average size was artificially
modified.
In the case of Low Viscosity Media, cells larger than D/H=2.5 were observed (Fig. 3.9e),
but each event resulted in cell lysis before the cell exited the channel. The cell passage
events that resulted in cell lysis constituted less than 15% of the studied events. In the
case of High Viscosity Media cell lysis was still present, but represented less than 5% of
the cells passage events. In the case of High Viscosity Media, the reduced size of the
sample could have contributed to the reduced cell lysis rate. The HL-60 cells have a
highly roughed cell membrane that unfolds when stressed, which helps prevent membrane
rupture when expose to high stresses (the cell membrane simply unfolds instead of
breaking apart). When a cell loses water content, the cell's cross sectional area reduces
accordingly, but the membrane area remains constant increasing the cell membrane
roughness, which helps preventing cell lysis. Additionally, the lower rate of lysis can be a
consequence of the reduced adhesion caused by the presence of high weight molecules in
the media.
The change in cell size due to media modification is one of the factors that make
comparisons between different experiments difficult. A difference of ~12% in the average
cell size can substantially modify the average resistance induced by a sample. The high
viscosity sample has an average induced resistance of ~1.5 ARiRsens for an average size
of ~1.6 D/H, while the low viscosity sample has an average induced resistance of -5
ARiRsens for an average size of 1.8 D/H. If we exclude the larger cells flown in order to
have two samples with the same average size of 1.6 D/H, the average induced resistance
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for the Low Viscosity Media shifts from 5 to ~4 AR/Rsens, a change of roughly 25%
induced just by cell size variation due cell handling.
Further, even if the media used has the same viscosity, but a different salt concentration,
the cells can expand or contract, which would result in unintended cell passage variations.
As determined before for HL-60 in High Viscosity Media, the friction force between the
cells and the channel walls depend on the cell size as 2.. Hence, as an example, a
small change of 10% in the cell size can result in changes in the friction force of ~27%.
As a conclusion, as a bare minimum the average cell size should be reported for each
sample when measuring any cellular mechanical property, and not only the cell velocities
and induced pressure drops.
3.8 Effects of cell stiffness modification by chemical treatment with
Cytochalasin and Histochoice on the flow of HL-60 cells
In order to determine the role of cell deformability in HR, cells in High Viscosity Media
were prepared as described in the Materials Section. The sample was divided in three
vials; one untreated, one treated with histochoice, a cell fixation agent used when mild
modification of the mechanical properties of the fixed tissue is needed, and another
treated with cytochalsin, a chemical that softens cells by preventing the formation of actin
filaments in the cytoskeleton3 0 . All samples were washed and suspended in the same
High Viscosity Media. Sample was flown at 41.4 kPa (6 psi); applied pressure was
selected to allow for the flow all samples without clogging.
Upon analysis of the cell size distribution flown through the differential manometer (Fig.
3.10), it was determined that the histochoice modified cells had a different HR
distribution when compared to the unmodified ones; the fixed cells flown also had a
smaller diameter, 1.4 D/H versus 1.65 D/H. Population size difference was caused by the
2D geometry of the device entrance, i.e. uniform height through all the channels, which
prevented the flow of large and stiff cells into the device, and lead to accumulation of
stiff cells at the circuit inlet. At the device inlet, the forces driving the cells into the
device are purely due to fluid drag on the exposed cell surfaces (Fdrag '-UH); while the
forces pushing the cell through the microfluidic channel are produced by the pressure
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difference between the cell's back and front ( Fdrag~Ffriction~100pUH ). As a
consequence, the forces pushing the cells at the inlet are smaller than the ones pushing
the cells through the device, which causes large and stiff cells to remain at the device
inlet where drag forces are small, producing a variation of the average cell size flowing
through the device. In the case of the cytochalasin-treated cells, the sample analyzed had
a smaller sample average size when compared to the untreated cells, 1.55 D/H, but the
range of cell sizes analyzed remained practically the same, from 1.25 to 1.9 D/H;
therefore from the data it can be clearly stated if the change in average cell size is caused
by statistical fluctuations or due to the chemical treatment of the cells. Further, despite
the fact that the stiffer histochoice-treated cells had a smaller size than the untreated cells;
the smaller treated cells induced a hydrodynamic resistance of the same order of
magnitude, ~0.9 AR/Rsens , as the larger untreated ones, ~0.8 AR/Rsens . Hence,
confirming that stiffness can significantly affect the HR during cell passage.
Other studies have reported no change in the observable cell passage parameters. Hou et
al. flowed MCF-10A and MCF-7, benign and metastatic cells with different reported
stiffness, and observed no difference in the hydrodynamic properties of cells flown in
straight microchannels. This difference can be explained by two factors in the study. First,
the explored change in Young Modulus between MCF-10A and MCF-7 might be too
small to result in significant changes in hydrodynamic properties. Cancer cells can have a
Young modulus -50% smaller than non-cancerous cells, while fixation can have a larger
influence. Second, cells were flown using DMEM medium, as opposed to the High
Viscosity Media used in this study; if a large fraction of the induced hydrodynamic
resistance in MCF-OA and MCF-7 is caused by cell adhesion at low viscosity, as it is in
the present study with Low Viscosity Media, the differences caused by deformability
could be masked. In order to explore the effect of small stiffness reduction, we can
further compare the non-modified sample with the cytochalasin modified cells. If we
discard measurements in order to have samples with approximately the same average cell
size, the average relative induced resistance for the cytochalasin modfidied cells is ~0.45
ARiRsens for an average size of 1.5 D/H, and ~0.5 ARiRsens for the unmodified cell
sample with an average size of 1.55 D/H. Further, in terms of force, the cytochalasin
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modified cells induce an average force of 75 nN, whereas the unmodified cells exert also
an average of 75 nN. Hence, no significant variation was observed between both
populations despite the chemical treatment. Cytochalasin has been reported to decrease
the cell stiffness by ~50%. Accordingly to our fitted model the change in stiffness
translates into a friction force decrement between 12-20% since friction force depends on
compressive force as Fcomp", where n is a number between 0.2 and 0.35. If we look at
the force-size plots, we can immediately observe that sample variability can be as high as
50 nN, ~70% of the average value, which would prevent the measurement of small
differences between both samples.
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Figure 3.10 Cell passage variables for cells treated with Histochoice, Cytochalasin, and no treatment. a) Device
schematic. b) Relative induced resistance as a function of relative cell size. c) Flow rate through the sensing channel as
a function of cell size. d) Pressure drop at the measuring junction as a function of cell size. e) Cell velocity as a
function of relative cell size. f) Friction force as a function of cell size. g) Micrographs showing HL-60 deformed
dimensions as a function of relative cell size. Inset shows HL-60 deformed length as a function of cell size.
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3.9 AFM measurements of cell stiffness modification by Histochoice.
In order to determine the extent of the modification of the cell mechanical properties by
treatment with histochioice, and AFM cantilever was used to measure the effective
stiffness by the indentation method. HL-60 cells were prepared with Histochoice as
described previously, but normal media was used instead of High Viscosity Media.
Normal media was used because the stiffness measurements can be directly related to
previous studies, and the artifacts that might be genarated by the addition of the High
Viscosity Media can be avoided, e.g. high viscous dissipation, higher deflection of the
AFM laser and faster sample dehydration. An Asylum AFM mounted on and inverted
fluorescent microscope was used, which provided direct visualization of the cells which
aidded during sample location. Highly sensitive AFM tips, k=0.04 N/m, with pyramidal
tips were used during stiffness measurement. During sample measurement media was
added as required, every 20-30 min, to avoid sample dehydration. Force-Displacement
curves were extracted by using the AFM in contact mode (Fig 3.11). Once the curves
were extracted, the compression curves were fitted to the indentation equation, a second
order equation whose coefficient of the second order term is proportional to the cell's
effective Young Modulus (Fig 3.11 a).
Measurements of the histochoice modified cells, showed that treatment effectively
modified the effective HL-60's Young modulus, from ~740 Pa to 1676 Pa. The measured
additional stiffness supports the idea that higher stiffnesss increases the induced HR.
Nevertheless, accordingly to the previously obtained model in section A, the measured
changes in stiffness, ~2.25 X, should have changed the induced resistance by a smaller
factor, 30%, whereas the measure resistance changed by a factor of ~60%.
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Figure 3.11 AFM measurements of cell stiffness. a) Second-order fits to the Force-Displacement curves of six
different HL-60 cells after histochoice treatment. Inset shows the cantilever used, k=0.04 N/m. b) Typical Force-
Displacement curve extracted after measuring an HL-60 cell. After the cell is probed with the AFM pyramidal tip, the
force opposing the cell compression increases; when the pyramidal tip withdraws, the force decreases. The
compression-withdraw cycle exhibits a large amount of hysteresis due to the mechanical properties of the cell.
3.10 Part B Conclusions
Here, HR is quantified as a function of cell size, media viscosity, and cell deformability.
We found that cell size distribution is greatly affected by the media choice and sample
processing. Hence, while measuring hydrodynamic properties of cells flowing through,
the cell size should be reported. Additionally, adhesion of HL-60 cells in PBS constitutes
a major component in the resistance to flow of HL-60 cells, -50% when compared to
cells flown in media with pluronic. Hence, the decrease in adhesion and higher sample
flow rate comes at a price: the reduced HR produces a lower interface displacement in the
differential manometer, and hence higher relative sensitivity to noise. Further, HR
depends on cell's stiffness; HL-60's HR grows when stiffness is altered by fixation using
Histochoice, but the change in HR due to cell stiffness can be easily obscured by sample
variations, e.g. size variations, as it occurs in the case of HL-60 cells modified with
cytochalasin.
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3.11 Nomenclature
D Cell diameter measured directly from micrographs
DH Square channel hydraulic diameter, equivalent to H
Fcomp Force needed to keep the cell compressed inside the channel
FFric Friction force needed to move the cell along the channel
FFluid Force exerted on the cell by the fluid surrounding it and opposing friction
forces
E Effective Young modulus of the cell
H Square channel width and height
HR Hydrodynamic resistance
L Compressed cell length
P Injection pressure
Rsens Sensing channel resistance
R' Curvature at the center of the front or back of the deformed cell
U Cell velocity
6 Characteristic roughness height
APceuI Pressure jump across the cell membrane
AR Induced Hydrodynamic Resistance
Eij Strain associated with the (i, j) direction
y Cell membrane tension
Mean distance between roughness peaks
yt Dynamic viscosity of the media
v Poisson ratio
0 Contact angle between the cell and the channel walls
aij Stress on the i plane in thej direction
6Midcell Internal stress normal to the axial cutting plane normal to one of the two
wall pairs
Uwall Internal cell stress next to and normal to the channel surfaces, and acting
on the contact areas between the cell and the channel
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CHAPTER FOUR
MICROFLUIDIC CIRCUITS FOR PARTICLE SORTING USING
HYDRODYNAMIC RESISTANCE
Figure 4.1 Ants, Escher.
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PART A:
CIRCUIT DESIGN
In this chapter we discuss an asynchronous-logic passive fluidic circuit that assesses the
hydrodynamic resistance induced by a microparticle as it passes through a channel with
size comparable to or smaller than the particle size, and uses it to sort the particle into
one of two output channels (Fig. 4.2). The hydrodynamic resistance induced by a
particle as it flows through a microfluidic channel depends on particle size,
viscosity/deformability, adhesive interactions, and surface or cortical tension, which are
useful for characterization of single particles, droplets, and cells '21 . The circuit uses the
concept of microfluidic logic 3'4'51 , in which a microfluidic system has multiple discrete
output modes, (sorting and rejecting particle modes), which are activated by an input
variable, in this case the Hydrodynamic Resistance (HR). As opposed to previous logic
microfluidic circuits based on droplets[ 6 7], the sorting circuit uses particle self-
interactions and does not require particle synchronization 8 ] to enable microfluidic logic;
hence the circuit is asynchronous.
- Low Resistance
High Resistance
A* + B*EEI17
A+B=I
Figure 4.2 Microfluidic circuit for sorting particles based on Hydrodynamic Resistance. Low-resistance
particles exit the device through the lower channel, while high-resistance particles flow through the upper channel.
Changes in the flow due to the presence of a high resistance particle before the junction modify the flow rates through
the exit channels. The flows when a high resistance particle flows through can be considered as a linear combination
of the original circuit flows and the flows when a particle is completely obstructing one of the channels.
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4.1 Basic Design
The microfluidic circuit forces the particle being sorted to make an "up-or-down"
decision at a channel junction (Fig. 4.3a-d). Particles entering through the inlet channel
flow into the sensing channel due to the designed higher flow rate compared to that in
the bypass channel. The hydrodynamic resistance induced by the particle in the sensing
channel modulates the flow rates in the circuit: the flow rate in the sensing channel
decreases due to the presence of the microparticle, and consequently that in the bypass
channel increases. The increased flow rate in the bypass channel modulates the flow rate
bias at the sorting junction; the flow rate in the sorting channel increases while that in
the first part of the rejection channel decreases. As the particle exits the sensing channel
and enters the sorting junction, it follows the path with the largest instantaneous flow
rateE91. If the particle induces a hydrodynamic resistance smaller than a threshold value,
it is directed to the rejection channel, where the nominal flow rate is larger by design
(rejection mode). If the particle induces a resistance larger than the designed threshold
value, it sufficiently alters the bias at the sorting junction and follows the sorting
channel (sorting mode). The threshold at which switching occurs is determined by
channel geometries, and can also be tuned by changing the outlet pressure. And, as
opposed to previous work"1, the circuit uses particle self-induced dynamic flow-
modulation to achieve particle control.
Low-Resistance Sog Low-Resistance Particle -7 pm
Particle
Sensing
Inlet
Rejection
Byps Rejection Mode
High-Resistance Sorting High-Resistance Particle
Particle Sensing
Inlet
Rejection
Rejection Mode | Sorting Mode | Rejection Mode
40 Bypass Channel Flow v# Rejection Channel Flow a Sorting Channel Flow
Figure 4.3 Microfluidic circuit for self-sorting of deformable particles. The increased resistance due to a particle
flowing in the Sensing Channel diverts the incoming flow into the Bypass Channel, thereby modulating the flows at
the junction to result in particle sorting when the particle-induced resistance exceeds a threshold value. a) Trajectory
of a particle with low hydrodynamic resistance. b) Micrographs showing a low-resistance particle being rejected.
Arrows indicate relative magnitudes of flows and 0 and 1 the circuit's logic state. c) Trajectory of a particle with high
hydrodynamic resistance. d) Micrographs showing a high resistance particle being sorted.
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4.2 Resistive Circuit Model
As a first approximation, we used a resistive circuit to model the device (Fig. 4.4 and
4.5a). Topologically the circuit is a modified Wheatstone bridge in which different
voltages are applied to the two originally grounded resistances (Rrejecti is the bridging
resistance). The circuit operation is easily understood if we look at the extreme case
where the microparticle completely blocks the flow (infinite resistance) in the sensing
channel, where the flow through the first part of the rejection channel is not only
diminished, but reversed. The actual flow rates are a linear combination of the case
where the microparticle completely blocks the sensing channel and the case where the
microparticle is absent.
R sr
R i. ( R sen+ AR P
R Rt
R -nRP1RP
Zero-Induced Resistance Infinite-induced Resistance
(Default Flow Rates)
a +
Figure 4.4 Explanation of the Operation Principle of the HR Sorting Circuit. When a particle flows through the
sensing channel, the induced resistance modifies the flow rates through the circuit. When a particle flows through the
sensing channel the flow rates are a linear combination of the case where the microparticle completely blocks the
sensing channel and the case where the microparticle is absent.
For a microparticle that induces a hydrodynamic resistance AR in the sensing channel,
particle switching to the sorting channel is achieved if AR is greater than a threshold
value such that the majority of the flow from the sensing channel enters the sorting
channel. Thus, the circuit obeys the following logic:
rp Isort/Isens > 0.5 when AR/Rsens > S, (4.1)
and particle is sorted (Output = 1),
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p Isort/Isens < 0.5 when AR/Rsens < S, (4.2)
and particle is rejected (Output = 0),
where, p denotes the ratio of the flow rates in the sorting and sensing channels, S
denotes the threshold induced hydrodynamic resistance normalized by the resistance of
the sensing channel (ARthreshold/Rsens), and Output denotes a binary variable that
characterizes the output of the circuit, i.e. sort or reject. Finally, if the pressures Pi and
P2 at the two exits of the circuit are dynamically modulated, the sorting threshold can
also be modulated.
R R, R.Pt
P2
b 0.5
OA
0
0.22
0.1
o Omo
-0 013 DD1 1.5
D/D
C 1 Switching Threshold
S0.8
~ .4 & g Sorting Mode
0.2.
0
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Figure 4.5 Induced Resistance by the deformable gelatin particles and its effects on circuit flows and particle
switching. a) Electrical circuit representation of the circuit. b) Gelatin particle resistance as a function of size
measured using a microfluidic manometer. c) Dependence of the normalized circuit flow rates on the induced
resistance in the Sensing Channel.
107
4.3 Optimization analysis
In order to design the circuit, the flow rates as a function of Rsens were determined by
repeatedly using the electrical circuit simplification technique known as delta-star
transformation. From the afore-mentioned analysis, the following relationships were
obtained (Refer to Fig. 4.5):
Ireject1 - PC (4.3)Rrejecti1
'sens -PPb(4.4)Isen = R
_in = R (4.5)
Isort - Pstar-P (4.6)
'bypass - PaP (4.7)Rbypassp
where Ireject1, Isens, 'in, Isort and Ibypass are the flows in the first part of the rejection
channel, sensing channel, inlet channel, sorting channel and bypass channel
respectively, and, where the following dummy variables were used,
Pa P - Iin * Rin, (4.8)
Pb P1 + Isort * Rsort, (4.9)
Pc P2 + Ireject2 * Rreject2, (4.10)
Pstar = R 3 * 13 + P1 , (4.11)
I1 Ig + Iy, (4.12)
I2 'a + Ig, (4.13)
I3 a + Iy, (4.14)
Ia , 1P (4.15)
I P -(4 .1 6 )
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S,) (4.17)
Ra - R 1 *R2 +R 2 *R 3 +R3 *R1  (4.18)
a R1
R - ,*R2R2*R+R3*l )(4.19)
_ R1 *R 2 +R2 *R3 +R3 *R1  (4.20)Y ~R2
R1 2 RA + Rin, (4.21)
R2 RB + Rreject2 , (4.22)
R3 Rc + Rsort, (4.23)
RA Rsens*Rb (4.24)
Rsens+Rb+Rreject1
RB - Rrejectl*Rb , (4.25)
Rsens+Rb+Rreject1
Rc - Rsens*Rrejecti (4.26)
Rsens+Rb+Rrejectl
In order for the circuit to work the following conditions must be met. In a symmetrical
Y-junction, large particles follow the outlet stream with higher flow rate. Then particle
switching is achieved if # so'4 < 0.5 for - < T, and P = Is"'t > 0.5 for - > T,Isens Dh Isens Dh
where T is the sorting threshold, where D is the particle size and Dh is the hydraulic
diameter of the channel (equal to the side width and height, H, for a square channel).
Additionally, we need to maximize the sensitivity of the device to resistance changes;
hence, the rate of change of the relative sorted flow rate, d'n , needs to be maximized.
d Rsens
In order to elucidate the importance of each of channels in the circuit and for the sake of
simplicity, we'll discuss the simple case P = P2 = 0. From the expressions for flow
rates,
dp _ Rreject2  (4.27)
dRsens Rb*(Rrejecti+Rsort )+Rreject2(Rreject1+Rb)
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Then, since the resistances in the circuit are always larger than zero, the rate of change
of the relative sorted flow rate is always positive. If Rsens is used as a reference
resistance, then
Rsens - = Rb (.8)dRsens Rreje (Rrejecti IRsens +Rsort/Rsens) + (Rrejecti IRsens +Rb/Rsens)
Then, the rate of change can be increased if Rb, Rreiectiand Rsort are selected as small
as possible. Assuming Rrejecti/Rsens is small, then
Rsn d(P Rb Rsort Rb - 1___ (4.29)SS es Rb Rsort Rb Rb Rsort
Rreject2Rsens Rsens Rsens Rreject2+1
If Rrejecti is small, the first part of the circuit, sensing and bypass channel, can be
Rsens
approximated as resistances is parallel. Then, if the sensing and bypass resistances are
in parallel, since the majority of the inlet flow has to be directed to the sensing channel
in order for particles to travel through, the bypass channel needs to have a resistance
larger than the sensing resistance, Rsbse > 1, hence limiting the maximum switching
sensitivity. Further, if Rrejecti is small, the second part of the circuit, Rsort and Rreject2,
can be approximated as resistances is parallel. Hence, since the circuit has to switch
from rejection mode, where the flow through the selection channel is smaller than that
of the sensing channel, to selection mode, where the flow through the selection channel
is larger than that of the sensing channel, Rsort and Rreject2 need to have similar orders
of magnitude. Finally, if Rb , Rreject1 and Rsort are kept constant, dse is adRsens
monotonously growing function of Rreject2, and hence the maximum is at the positive
extreme of the allowed values for Rreject2.
The analysis reveals the following restrictions that must be followed during design of
microfluidic resistance sorters (Fig. 4.6):
- The first part of the rejection channel, Rrejecti, should have a resistance as small
as possible to maximize the device sensitivity to resistance changes, ideally
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should be negligible. If resistances are only modulated by length, it should be as
short as possible.
When the first part of the rejection channel is neglected, the system can be
simplified to a circuit composed of two current, i.e. flow, dividers in series.
Since the flow at the sensing channel has to be larger than the flow at the bypass
channel in order for the particles to flow through the sensing channel (and hence
be analyzed), the resistance at the sensing channel has to be smaller than the one
at the bypass channel.
To maximize sensitivity to resistance changes, the default flow through the
sensing channel has to split roughly 50-50% between the rejection channel and
the sorting channel (slightly smaller through the rejection channel). The exact
value of the rejection and sorting resistances depends on the selected sensing
and bypass resistance ratios. If the sensing and bypass are roughly equal, the
sorting channel has to be roughly one-half that of the rejection channel.
I- Maximize sensitivity to resistance changes.
Maximize flow
mR ----- through sorting channel
R Reecl rejeiec(
Infinite-Induced Resistance Rb, Rrii as small
as possible
11- All large particles should flow through the sensing channel by default
sens
Ressens > # > bypass
RP RR P c t '
R 
1 
R[< R
bypass
Figure 4.6 Graphical representations of the design criteria used during device design. 1- Flow through the first
part of the rejection channel and sorting channel most be maximized when the device is blocked by the particle. 2-
All medium to large particles must flow through the sensing channel instead of flowing through the bypass channel.
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As representative designs, the following resistances ratios were used for the devices:
Rin Rsort _ Rrejecti = 0.05, Rrejectz = Rbypass _
Rsens Rsens Rsens Rsens Rsens
where Rsens is the resistance of the sensing channel, a 6-pm square-cross-section
channel of 50 pm length. In both designs the first part of the rejection channel is small
when compared to the other resistances in order to maximize sensitivity to induced
resistances in the sensing channel. Further, the bypass resistance is larger than the
sensing resistance to allow for particle analysis, in agreement with the restriction rules
derived previously. The resistance of the sorting channel is larger than the resistance of
the second part of the rejection channel, which sets the circuit's default mode to
rejection mode. Finally, the sensing resistance was set as a straight channel (equal to the
sensing channel in Chapter 2) to simplify design and reduce possible clogging. If a
higher sensitivity to mechanical properties like deformability is desired, a possibility is
to replace the straight channel with an expanding or contracting channel, or a channel
with sinusoidal walls; nevertheless, the device might suffer from increased clogging and
particle lysis.
The first device, large bypass channel resistance, was used to visualize flow switching
as a function of time, whereas the second device, small bypass channel resistance, was
used to quantify particle sorting as a function of particle size. The sensitivity to flow
switching is affected by the value of the bypass channel, the shorter the better. On the
other hand, if the bypass channel resistance is larger the sorting error caused by
particles circulating through the bypass channel, instead of the sensing channel, is
minimized. Hence there is a tradeoff when keeping the bypass resistance small or
larger. The first device, Rbypass = 1.8, reduces sorting errors due to the circulation ofRsens
particles through the bypass channel (which makes easier to acquire significant videos
for all particle sizes) while the second one maximized sorting sensitivity. Finally,
constant pressures were set at the inlet, P = 15 PSI, and at the rejection channel outlet,
P2 = 0; while Pi = 1.5 PSI.
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4.4 Analysis of sample concentration as a limiting factor for sample
enrichment.
In order to achieve adequate sorting in the circuit, a single particle has to be analyzed at
a time. This is a common requirement of other single-particle analysis microfluidic
devices and fluorescence-based cell sorters. The proposed circuit has no inlet control for
single particle analysis and relies on random particle arrival. Development of strategies
for single-particle self-delivery (with no active actuation) is an active area of research,
in particular of droplet delivery. In this case, adding active-control regulation to ensure
single particle delivery would hinder the simplicity of self-sorting, hence the
requirement of single particle analysis was achieved passively by decreasing the particle
density.
It is clear that a low particle density would minimize particle-particle interactions, but
when the density is decreased the number of particles analyzed per second would also
drop. Hence, there is a compromise between purity and sample analysis rate. As a result,
we need to determine the minimum density for a certain purity level. Neglecting
particle-particle interactions in microfluidic channels, particle arrival can be modeled by
a Poisson random process, with the characteristic arrival time given by 1 = f *
Q/Volparticle, where f is the volume fraction of the sample, Q is the volumetric flow
rate and Volparticleis the particle's volume. In order for the particles to not interact, the
probability of one particle arriving to the device at the same time another particle is
being sampled has to be low. The probability of particle arrival within a time window is
given by
P(T) = A fT e-t*Adt = (1 -e-T*A), (4.30)
where T is the maximum transit time for a sampled particle. Notice that T is
proportional to Q (the faster the flow rate, the faster the sample will flow; although this
relationship might not necessarily be linear in general) and hence purity at higher
speeds is relatively constant, but with the advantage that sample analysis speed
increases (although at higher speeds imaging becomes harder). Hence, to reduce sample
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interaction and increase collected sample purity the sample volume fraction should be
decreased till acceptable values are achieved.
4.5 Part A Conclusions
In this chapter we have presented the design of a microfluidic circuit capable of sorting
deformable particles accordingly to their hydrodynamic resistance. The topology of the
circuit is similar to that of a Wheatstone bridge where the particle to be sorted circulates
through the bridging resistance. Through star-delta transformation analysis we have
been able to determine the basic equations that govern the circuit behaviour and have
used the governing equations to optimize the device response. Finally, we examined the
relationship between particle concentration, particle arrival frequency to the circuit, and
concentrated sample purity through a Poisson model; from which we determined an
upper limit to the maximum concentration necessary to achieve a minimum pre-
established level of sample purity.
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PART B:
SORTING OF SIMPLE DEFORMABLE PARTICLES AND
DESIGN VERIFICATION
In this chapter we present an experimental study of the microfluidic circuit designed in
Chapter 4 Part A, for automatically sorting deformable particles based on the
hydrodynamic resistance that the particle induces in a microfluidic channel while
flowing through it. The sorting circuit accepts a single deformable particle and switches
it to either a sorting channel or a rejection channel depending on the relative magnitude
of the increment in hydrodynamic resistance induced by the particle compared to a
threshold value. In this chapter we demonstrate the circuit functionality by sorting
gelatin particles at the rate of 10-100 per second, for which the effects of the induced
hydrodynamic resistance are predicted as a function of circuit dimensions and particle
properties. Here, the velocities through the microfluidic channels extracted through PIV
are compared with the velocities predicted by the simple resistive circuit model
developed in Chapter 4 Part A. Finally, we study the use of the microfluidic circuit as a
tunable low-pass and band rejection filter as a function of outlet pressures.
4.6 Device Fabrication
Devices were fabricated by standard micromolding in polydimethylsiloxane (PDMS,
Sylgard 184, Dow Coming) using a SU-8 photoresist mold (Microchem). The molds
were placed in a large covered Petri dish containing several drops of
perfluorooctyltrichlorosilane (Sigma Aldrich) for 10 min to facilitate removal of PDMS.
PDMS was mixed in a 10:1 ratio and poured into the mold forming a 4 mm layer,
degassed, and baked at 80 'C for 30 min. The PDMS was removed, perforated to form
the channel inlets using a biopsy punch (0.5 mm internal diameter punch from Harris
Uni-Core), and cleaned using isopropanol. Finally, the PDMS component containing the
channels was bonded to a clean glass slide using air plasma for 30 s at 500 mTorr
(Expanded Plasma Cleaner, Harrick Plasma, Ithaca, NY). The devices were connected
to constant pressure reservoirs via Tygon tubing. Two devices designs were used in the
reported experiments. The first device (Rbypass/Rsens = 1.8) was used to visualize flow
switching as a function of time (data shown in Fig. 4.7), whereas the second device was
115
used to quantify particle sorting as a function of particle size (data shown in Fig. 4.8).
The device used for visualization employed a sensing channel with the same length as
that of the manometer (see Chapter 2), which allowed for estimation of the velocities
during particle transit using the information obtained from the manometer. In the second
device used for sorting (Rbypass/Rsens = 1.4), a smaller length was used for the sensing
channel, which allowed for higher sorting sensitivity as discussed in Section 4.3.
4.7 Sorting of gelatin particles
To illustrate the circuit operation, gelatin particles immersed in light mineral oil were
selected as model deformable particles for sorting, as they can be prepared easily with a
homogeneous composition (as described in Chapter 2). Gelatin particles were selected,
as opposed to other also simple and uniform particles like droplets because they induce
a larger hydrodynamic resistance, making the exploration of the circuit behavior easier.
Further, since they induce a wider range of hydrodynamic resistances, the use of gelatin
particles enables the measurement of the effects of pressure modulation in the system.
Further, in order to use the induced hydrodynamic resistance measurement directly, the
sensing channel of the sorting circuit and the sensing channel of the manometer were
set to have the same dimensions, 6 x 6 im2 cross-section and 50-ptm length. It is
expected that all gelatin particles with unconstrained diameters smaller than the channel
width (D < DH) will be rejected since they induce a hydrodynamic resistance that is
negligible in magnitude. In the case of particles with diameters greater than the channel
width (D > DH), only those particles that induce a hydrodynamic resistance larger than
the threshold will get sorted. The sorting threshold in terms of relative particle size can
be approximately calculated by equating the designed threshold to the induced
hydrodynamic resistance predicted by the curve obtained in Chapter 2, AR/Rsens
a[(D/DH)" - 1], where a = 0.041 and n = 5.820.
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4.7.1 Particle Image Velocimetry (PIV) verification of resistive model
The operation of the microfluidic circuit was verified using particle velocimetry for a
device with Rbypass/Rsens = 1.8 (Fig. 4.7). The device operation was observed at 4000 fps
using a high-speed camera (Phantom 7.1). The velocities of the fluid in the sensing and
sorting channels were obtained by tracking small gelatin microparticles, -1-2 ptm in
diameter, that were suspended in the solution along with the larger particles to be sorted
(as described in Chapter 2 where the gelatin droplets resistance was measured), and the
maximum velocity in each channel was determined. Due to the use of equal cross
sections in the device channels, the maximum channel velocity reflects the flow rate
and average velocity through the microchannels. To compare the velocity changes that
occur during sorting and rejection events, the channel velocities as a function of time
were extracted for representative small and large resistance particles, D/DH = 1 and
D/DH = 1.5, respectively. From the velocity data, a continuous representation of the
velocity in each channel as a function of time was extracted by using a third-order
spline adjusted to the noise-reduced data obtained by averaging data within a 0.02 s and
0.002 s time interval, respectively.
In case of the small particle with low hydrodynamic resistance, the flow velocities in
the channels exhibited small modulations as the particle traveled through the circuit.
Except for the case where the particle flowed through the rejection channel, Isort/Isens
remained less than 0.5, indicating that majority of the flow was going into the rejection
channel. In the case of the larger particle with high hydrodynamic resistance,
significantly larger flow modulations were observed. As the particle entered the inlet
channel from a larger microchannel, the velocities in the circuit decreased uniformly
when the particle was at the constriction, and then increased. When the particle reached
the inlet-bypass-sensing channel junction, the velocities in the sensing channel and
sorting channel again decreased simultaneously. When the particle reached the sensing
channel, the velocity in the sensing channel decreased further while the velocity in the
sorting channel increased; as Isort/Isens > 0.5, the circuit switched from rejection to
sorting mode. At the junction, the particle was forced to flow through the channel with
higher flow rate, in this case the sorting channel. Finally, as the particle flowed through
the sort channel, the velocity in the sorting channel decreased further, while the velocity
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in the sensing channel increased. These observations confirmed the dynamic
modulations of the flow rates in the device that result in a sorting or rejection event.
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Figure 4.7 Dynamic flow modulations during transit of particles with small and large hydrodynamic resistance
through the sorting circuit (Rbypass/Rsens = 1.8). a) & b) Micrograph showing the small and large gelatin particles
flowing through the sensing channel. c) & d) Dynamic modulation of fluid velocities inside Sorting and Sensing
Channels during transit of low-resistance and high-resistance particles, respectively. e) & f) Modulation of the ratio
of the flow rates of the Sorting and Sensing Channels (Isor,,en) for low-resistance and high-resistance particles,
respectively. Grey shading denotes the error boundary, which is the space bounded by the minimum and maximum
possible values of (I . + Errors /sI,,,, +Error,,,,), where Error is the maximum difference between the interpolated
line and the measured values. g) & h) Modulation of the fluid velocities in the Bypass Channel during transit of low-
resistance and high-resistance particles in the circuit, respectively. In the case of the high-resistance particle the
circuit is in rejection mode (between 0.02 and 0.055 s). As the particle travels through the sensing channel (0.055-
0.12 s), $ increases beyond 0.5, and the circuit switches to sorting mode. i) & j) Particle positions of low-resistance
and high-resistance particles as they travel through the circuit.
4.7.2 Sorted and Rejected populations as a function of the sorting threshold: the
sorting circuit as a low-pass filter and as a band-rejection filter
A second circuit with Rbypass/Rsens = 1.4, was used to determine sorting efficiency; for
this device the switching threshold was designed at an induced resistance of 20%, i.e. S
= 0.2. Larger particles were seen to exit the sorting channel, while smaller particles
were rejected (Fig. 4.8a & d). Depending on particle size, three distinct regimes were
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observed: Particles with diameters less than about 0.6DH followed the streamlines into
either sorting or rejection channels, and were too small to be sorted. Particles with
intermediate diameters (0.6 < D/DH < 1.2) were directed exclusively to the rejection
channel; these particles were too small to significantly modulate the default bias of the
sorting junction, but sufficiently large to flow into the channel with the larger flow rate.
Finally, the largest particles modulated the bias at the sorting junction sufficiently to be
directed into the sorting channel. The switch between particle rejection and particle
sorting occurred with a diameter change of less than 10%, and showed reasonable
agreement with the threshold particle diameter (D/DH = 1.3) predicted by the simple
resistive model.
Next, we tested the predictions of the resistive model when modifying the sorting
threshold. Since it is critical to have a large number of particles across the sample
distribution in order to compare the threshold variations, we modified the sample
distribution. From the sample distribution of the previous case we can observe two
different populations, two bell-shaped distributions that were created when the sample
was prepared (Fig. 4.8d). The bell-shaped distribution with smaller average size was
used to measure the channel velocities, while the bell-shaped distribution with a larger
size were used as target for sorting. In the following two experiments, the mixing
velocity was increase to create a more uniform population (Fig. 4.8 e & f).
In order to modulate the sorting threshold, the boundary conditions, i.e. outlet pressures,
were modified (Fig. 4.8b, c, e & f). The threshold diameter at which the transition from
rejection to sorting occurred could be tuned by changing the applied pressure at the exit
of the rejection channel. With increased pressure at the rejection channel, the flow rate
into the sorting channel is expected to increase relative to that in the rejection channel,
and the particle diameter required for sorting consequentially decreases. Then, we
compared the sample distributions at the sorting and rejection channels for different
pressures: 0 psi and 3 psi at the rejection channel outlet, and 0 psi at the sorting outlet in
both cases. Theoretically the sorting threshold was calculated to change from ~1.5 to
A1.2 D/DH. Experimentally, it was measured to change from 1.4DH to 1.2DH (Fig. 4.8).
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Figure 4.8 Sorting of a poly-disperse population of deformable gelatin microparticles. a-f) Tunable sorting of
gelatin microparticles (Rbypass/Rsens = 1.4) & g-j) Light-induced particle switching by droplet polymerization. a) & d)
Microfluidic circuit operation and insets showing sorted and rejected gelatin particles. The circuit acts as a pass-band
or band rejection filter as a function of particle size. The particle size distribution at the two outlets are depicted in
(d). b-c) & e-f). Controlling of the rejection channel pressure results in modulation of the threshold size for sorting.
The sorting threshold divides the sorting diagram zones I & II. In Zone I, particles are rejected due to insufficient
hydrodynamic resistance. In Zone II particles are sorted due to mode switching caused by high hydrodynamic
resistance.
4.8 Sample Concentration and particle interactions
During the experiments reported in this chapter, the operation parameters are T <
0.1[s], and A ~ 1[s-1]. Hence, accordingly to Equation 4.30 the probability of
interaction is <10%, as derived in chapter five.
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In general, the interactions are less damaging to the sorting process than the rate
predicted by the Poisson Process. An interaction reducing the purity of the concentrated
sample occurs only with probability
P' = P * reject, (4.31)
where Creject is the sample fraction at the inlet which induces a resistance lower than
the threshold. In this case we are assuming that when the two particles interact they
cause a false-positive, which is an upper-limit estimate, i.e. a worst-case scenario. From
gelatin distributions, Creject ~ 0.6; and P' = 0.036. Hence the number of false positives
is lower than 3.6% at 1% v/v sample concentration. In case a lower level of interactions
is needed, the volume fraction can be further decreased.
4.9 Switching and sorting dynamic considerations
Particle switching is a complex physical process; switching can be affected by particle
and junction size and geometry. In an asymmetrical junction, a particle does not
necessarily follow the stream with higher flow rate exactly; geometry and size would
modify the switching ratio. In this work, modeling focuses on the induced resistance,
the property that changes the flow patterns in the micro-channels and produces
switching. Using only the HR, the switching behavior can be explained and predicted to
reasonable agreement. A case in which it is clear that the HR-altered flow pattern is the
mechanism causing switching, as opposed to simply the particle size, is the high-HR
particle switching depicted in the velocimetry study, Fig. 4.7. Here, the front of the
particle is sorted while the back of the particle is still inside the channel; hence the back
of the particle is driving the front by altering the flow patterns at the junction. For
smaller particles, the modified flow rates cause deformations and displacements
towards one of the corners of the sensing-channel exit, which bias the particle. It is clear
that exit-deformation bias coupled with the particle's back-front interaction drive
sorting, as opposed as inertia mechanisms, when the time scales are considered. The
time that it takes for the fluid to change from one steady state to another is determined
H2
by the viscous-dissipation time, -= 5- << 100 ps. Since the viscous dissipation
time is smaller than the minimum time it takes for the particle to traverse the decision
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junction, >> 1 ms, the sorting behavior is dominated by the bias imparted on the particle
while exiting the channel, and the inertia-driven unsteady state needs not to be
considered.
4.10 Part B Conclusions
In this chapter section we investigated experimentally the behavior of the circuits
designed in Part A. As expected, small particles that induce negligible resistance were
completely rejected. Particles larger than the channel, which induces a high
hydrodynamic resistance, can modulate the device flows and can be induced to change
their default trajectory accordingly to the switching threshold. Further, changing the
outlet pressures modulated the switching threshold. To summarize, all complex particle
interactions can be described and predicted approximately by a lumped factor, the
induced HR. The use of a lumped-modeling approach sacrificed exactness in the
description of the particle's flow and deformations, but added simplicity and
enlightened the interaction between the microfluidic topology and the deformable
particle.
In summary, we have developed a microfluidic circuit topology that can switch flow
patterns during passage of a particle, resulting in self-sorting of the particle without
external intervention. The main advantage of the presented circuit lies in its simplicity:
no separate sensing and control elements are required. Moreover, the device can be
easily customized to change the sorting threshold and potentially combined in parallel
to increase throughput. The basis of sorting, i.e. the hydrodynamic resistance induced in
microchannels, can be linked to physical properties including size and deformability;
which in turn can be modified dynamically in situ, providing new means to modulate
microfluidic systems (see Chapter 5). These microfluidic circuits could find
applications in bio-separation as well as in two-phase microfluidics with the advantages
of in-line sorting in a compact form factor based on particle properties including size
and deformability (see Chapter 5).
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4.11 Nomenclature
Sample fraction at the inlet which induces a resistance lower than the
threshold
Particle diameter measured directly from micrographs
Square channel hydraulic diameter, equivalent to H
Volume fraction of the sample
Square channel side length
Hydrodynamic resistance
Volume flow rate through the bypass channel
Volumetric flow rate through the inlet channel
Volumetric flow rate through the first part of the rejection channel
Volumetric flow rate through the second part of the rejection channel
Volumetric flow rate through the sensing channel
Volumetric flow rate through the sorting channel
Binary variable that characterizes the output of the circuit
Injection pressure
Sorting channel outlet pressure
Rejection channel outlet pressure
Probability or particle arrival within the time window T
Volumetric flow rate
Bypass channel resistance
Inlet resistance
Resistance in the first part of the rejection channel
Resistance in the second part of the rejection channel
Sensing channel resistance
Sorting channel resistance
Relative threshold resistance
Maximum transit time for a particle population
Average particle volume
Induced Hydrodynamic Resistance
Average arrival time in a Poisson process
Ratio between the sorting channel flow rate and the sensing channel flow
rate
Viscous dissipation time
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CHAPTER FIVE
SORTING OTHER PARTICLES: DROPLETS AND CELLS
Figure 5.1 Spirals, Escher.
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PART A:
LIGHT-ACTIVATED PARTICLE SORTING MEDIATED BY
IN-SITU MODIFICATION OF MECHANICAL DROPLET
PROPERTIES
The control of microfluidic environments has gained increased attention in recent years,
in particular the control of particles, e.g. droplets, in these microenvironments. Droplets
have numerous potential applications in the biological and physical sciences'. Droplets
can be used as vessels for minute biological samples, i.e. from single cells to small
bacterial colonies, which provides the ability to heavily parallelize experiments,
decreasing experimental time and statistical uncertainty. Additionally, droplets can be
used as micro-reactors in cases where chemicals are expensive or hard to obtain 2, and
when a large set of conditions need to be explored, e.g. phase diagrams. Further,
understanding and controlling the formation of droplets in solution, i.e. emulsions, in
highly controlled micro environments can potentially improve the production process of
diverse products in which the microstructure is essential, ranging from shampoo to
medicaments and also to create novel materials, e.g. nano and micro particles for
therapeutics.
In order to perform experiments with a large number of droplets in these
microenvironments, the ability to control droplets dynamically is essential. For instance,
when working with droplets that undergo reactions, divide3, or merge, the main goal is
to obtain uniform and identical processing of the droplets except for the individual
parameter that is probed, e.g. reaction time and cell viability. Nevertheless, processing
of the droplets has unavoidable statistical variations that arise from different factors
including imperfect droplet synchronization4 , surface and interface effects, thermal and
chemical gradients, etc., which generate undesired process variability. In such cases the
ability to stop the process and remove the defective droplets is highly desirable.
Different methods have been proposed to enable droplet control at the micro scale.
These methods can be classified into active and passive methods. Active methods
require the incorporation of a sensor that probes droplet properties, e.g. fluorescence
detectors, video cameras that monitor shape changes, electrodes for measuring
126
conductivity, etc., and an actuation mechanism that forces droplets to change paths, e.g.
PDMS-pneumatic valves5 , electrodes6 , etc. Active methods have been demonstrated to
be effective in different applications that require dynamic control, e.g. fluorescent cell
sorting, but they are normally hard to integrate, consume large areas of the device or
require large additional setups in addition to the microfluidic devices. In order to
simplify integration, minimize cost and simplify on-chip processing, passive techniques
have been developed. In passive sorting techniques the droplets interact directly with
the microfluidic environment to induce droplet paths modulated by the particle
properties, e.g. inertial focusing7 .
The passive control of droplets at the microscale has evolved from simple T-junctions
regulated by pressure' 9 to complex fully integrated devices that consider droplets and
flows as logic units, that can be analyzed and processed sequentially in parallel and in
series and are regulated by droplet frequency and droplet arrival time. These techniques
are globally known as microfluidic logic'0". Current microfluidic logic relies on the
interaction of multiple droplets to produce logic outputs, for example, by merging
droplets or exploiting interactions between two or more droplets. Despite the large
improvement over the initial control of microfluidic droplets, microfluidic circuits
cannot be tuned easily on demand; the logic blocks are completely set once the device
has been designed.
In this chapter we explore the usage of UV-light as a simple an effective method to turn
ON and OFF microfluidic logic circuits, adding an additional dimension to existing
microfluidic logic blocks (Fig. 5.2). We used a passive circuit, hence simple to
integrate, that enables the sorting of photocurable microfluidic droplets based on the
change in their mechanical properties that occurs upon curing. We propose the use of
the induced Hydrodynamic Resistance, the resistance that a droplet generates as it is
flowing through a microfluidic device, to act as a transducing property that transforms
the droplet's mechanical characteristics into flow rate variations. Additionally, if the
sorting time is shorter than the droplet generation time, the circuit does not require
particle synchronization since the droplet is self-sorted. This circuit can be potentially
used to sort droplet populations that contain cells, or reaction vessels whose properties
change dynamically; further it can be used as a processing element that will
complement the existing logic blocks available for microfluidic logic.
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Figure 5.2 Description of the flow rates and logic values before and after curing the photocurable droplets.
Left, flow rates for uncured and cured droplets. Right, logic values in terms of the flow rates.
5.1 Experiment Description and setup
We demonstrate particle separation based on deformability by sorting of otherwise
identical droplets of uncured and cured photocurable mix' 2 immersed in mineral oil
solution. Droplets were generated periodically upstream the sorting circuit using a T-
junction in which the photo curable mix was injected into the oil carrier". In order to
regulate the droplet frequency, the injection pressure of oil and droplet mix was
controlled by using a pressure regulator. After generation, droplets pass through a
channel expansion, the curing chamber, in which the UV-light spot is located. The
purpose of the curing chamber is to slow down the particles and increase the total UV-
dosage received by the particles, facilitating proper droplet curing (Fig. 5.3b). If the
particles are not cured, they do not exhibit sufficient hydrodynamic resistance to
produce switching; if the particles are completely cured, they block the channels. In this
manuscript we only sort partially cured droplets, and where we mention cured droplets
we imply partially cured droplets.
5.1.1 Droplet materials
Two solutions were used to produce droplets: an oil phase, carrier mix, and a water-
soluble phase, droplet mix. The oil phase was a mix of white light mineral oil
(Mallinckrodt Chemicals) with 1% v/v Span 80 (Sigma Aldrich). The droplet mix
comprised 67.5% v/v poly-ethylene glycol (400) diacrylate (Polysciences), 30% v/v
hydroxy-2-methylpropiophenone (Sigma Aldrich), 1.5% v/v tween 20 (Sigma Aldrich),
1% v/v FITC BSA solution 10 microgram/mL (Sigma Aldrich), and 1% v/v solution of
fluorospeheres (Invitrogen carboxylated microspheres of 1 pm diameter and 540/560
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nm absorption emission). BSA and the fluorosphere solution were incorporated into the
mix to visualize the size and location of the UV-light spot in the device before
switching the filter to cure the droplets.
Microfluidic
Device
Aluminum (rhaRnel
Foil
Glass
Microscope
Objective
UV-Ligh
-- 20 pmn
20 pm Sorting Outlet
Curing Chamber Sorting Circuit RjcinOte
20 Im
Uncured Droplet Partially Cured Fully Cured
Droplet Droplet
Figure 5.3 Schematic of the UV-light triggered sorting setup. a) The microscope optical system is used to capture
videos and produce the UV-light spot that cures the droplets. Aluminum foil with a -1 mm aperture is used to
minimized the undesired UV leakage that can potentially cure the inlet lines and other circuit areas. The inset shows a
detailed view of the circuit. b) Droplets are formed at a T-junction upstream of the sorting circuit where the droplet
mix and the oil carrier phase meet. c) After the droplets are produced at the T-junction, they enter an expansion
chamber (curing chamber) that decreases their speed allowing for a higher exposure time for effective curing.
Controlling UV-dosage is critical for proper device operation. Insufficient exposure will not cure the particles
resulting in insufficient induced resistance to produce switching; overexposure will completely solidify the droplets
causing clogging (see inset of figure c where an uncured droplet, a partially cured and two fully cured droplets are
shown). Once the particles pass the curing chamber, they enter the sorting circuit where they are either selected or
rejected.
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5.1.2 Droplet visualization and curing
A Nikon Eclipse TE2000-U inverted microscope with a Nikon Plan Fluor 1Ox/0.3
objective, a DAPI C100854 cube filter was used to image the droplets, and an X-cite
lamp, Series 120 were used to produce the UV-light spot. The inverted microscope
allowed for UV-light illumination from the bottom, while white light illuminated the
sample from above. Video images were acquired using white light illumination while
the UV-light spot size was achieved by bottom illumination and modulation of the UV-
light source aperture. Pressures used in this experiment are 0.75 PSI for the Mineral Oil
Phase, 0.82 PSI for the Droplet Mix, 0.71 PSI for the upper outlet (Sorting) and
atmospheric pressure for the lower outlet (Rejection). In order to avoid UV-leakage that
can potentially solidify the injection lines and other droplets in the device, an aluminum
foil with a -1 mm aperture was positioned directly below the microfluidic device.
5.1.3 Device Fabrication
Devices were fabricated by standard micromolding in polydimethylsiloxane (PDMS,
Sylgard 184, Dow Coming) using a SU-8 photoresist mold (Microchem). The molds
were placed in a large covered Petri dish containing several drops of
perfluorooctyltrichlorosilane (Sigma Aldrich) for 10 min to facilitate removal of PDMS.
PDMS was mixed in a 10:1 ratio and poured into the mold forming a 4 mm layer,
degassed, and baked at 80 'C for 30 min. The PDMS was removed, perforated to form
the channel inlets using a biopsy punch (0.5 mm internal diameter punch from Harris
Uni-Core), and cleaned using isopropanol. Finally, the PDMS component containing the
channels was bonded to clean glass slides using air plasma for 30 s at 500 mTorr
(Expanded Plasma Cleaner, Harrick Plasma, Ithaca, NY). The devices were connected
to constant pressure reservoirs via Tygon tubing. Two devices designs were used in the
reported experiments. The first device was used to visualize switching during initial
experiments, whereas the second device, a more sensitive device, was used during
subsequent experiments. In the second device used for the later experiments
(Rbypass/Rsens = 1.4), a smaller length was used for the sensing channel, which allowed
for higher sorting sensitivity.
130
5.2 UV-Light triggered sorting
When the UV-light is OFF all the droplets are rejected, i.e. since they do not induce
enough hydrodynamic resistance they follow the larger flow rate at the junction and
travel through the rejection channel. When the UV-light is turned on, cured droplets
induce a higher hydrodynamic resistance and change the flow rate at the sorting
junction, producing sorting. In this experiment, as shown in Fig. 5.3c, partially cured
droplets were used since fully cured droplets tend to clog the channels. The use of
partially cured droplets has a disadvantage; the difference in induced resistance is
significantly smaller than the case of a fully cured particle. From manometer
measurements, the induced resistance changes from 0.1 +/-0.13 to 0.23 +/-0.13. The
small change in induced resistance required additional tuning of the applied pressures
to produce sorting (Fig. 5.3a-d).
This experiment demonstrates switching of particles based on deformability, and also
illustrates a new concept enabled by the use of hydrodynamic resistance: switching of
particles induced by light. Hence, circuit logic values can be modulated by light
accordingly to the same flow modulation described in the previous chapter. In the zero
induced resistance the flow through the first part of the rejection channel is larger than
the flow through the sorting channel by design; hence the logic value is set to 0 by
default. When an additional hydrodynamic resistance is induced, the flow through the
first part of the rejection channel is smaller than the flow through the sorting channel,
setting the logic value to 1 (Fig. 5.3d).
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Figure 5.4 Microfluidic circuit for sorting of droplets using UV-light. The increased resistance in the Sensing
Channel diverts the incoming flow into the Bypass Channel, thereby modulating the flows at the junction to result in
particle sorting when the particle-induced resistance exceeds a threshold value of induced resistance. a) Trajectory of
an uncured droplet with low hydrodynamic resistance. b) Micrographs showing a low-resistance uncured droplet
being rejected. Arrows indicate relative magnitudes of flows. c) Trajectory of a cured particle with high
hydrodynamic resistance. d) Micrographs showing a high resistance cured particle being sorted. d) Circuit schematic.
The circuit operation during passage of a high-resistance cured droplet can be approximately understood as the
superposition of the two flows: the undisturbed flows with no droplet flowing through and the flows of an droplet
with infinite induced resistance. From these circuits it is clear that the flow through the first part of the rejection
channel diminishes when a droplet increases the resistance in the sensing channel.
5.3 Frequency ladder circuit with light triggered ON-OFF switch
If the device is used for sorting particles, a single particle has to be analyzed at a time.
The droplet generation frequency can be set to ensure single droplet analysis. If the time
it takes to produce a droplet is larger than the time it takes for a droplet to flow through
the sorting channel, i.e.
f-1 < - , (5.1)
where f is the generation frequency and r is the sorting channel transit time, then a
single particle is analyzed at a time. If the ratio r * f > 1, then droplets are generated
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0 Uncured Particle Sorting
Cc*(
faster than the rate at which are analyzed (i.e. enter the device and exit the sensing
channel) and interaction between the particles arise.
Particle interactions can be used to produce a digital oscillating signal with a frequency
multiple of the droplet generation frequency that can be turned OFF and ON with light
(Fig. 5.4). The circuit oscillates between two modes: rejection mode and sorting mode,
which corresponds to logic values (Output values) of 0 and 1 respectively (Fig. 5.4a).
When more than one particle passes through the circuit at a time, the circuit exhibits a
more complex response than what we have described so far in terms of particle
positions. For the case when only two particles interact at a time, and in order to
understand the circuit behavior, we defined four additional states based on the possible
particle interactions and positions; each one with a corresponding logic output value of
0 or 1 (Fig. 5.5).
IV
Not Cured (Low resistance)
* Cured (High resistance)
Figure 5.5 Description of the flow rates and logic values before and after curing the photocurable droplets and
when cured particles interact among themselves. Left, flow rates for uncured and cured droplets. Right, logic
values in terms of the flow rates.
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Figure 5.6 Circuit stability, oscillatory response and droplet interference. a) The circuit has two logic values /
operation modes depending of the relative magnitude of the flows in the sorting and first part of the rejection
channels: Rejection Mode (0) and Sorting Mode (1). b) Droplet interactions can change the circuit response
depending in the droplet generation frequency. When cured droplets that induce a hydrodynamic resistance larger
than the threshold interact (two at a time), the interaction can produce an oscillatory response of the circuit, passing
from states I-IV depending on the droplets position as shown in the schematics. c) Micrographs showing a series of
six continuous droplets. The first row of droplets (first two rows of pictures out of four rows in total) demonstrates
the stability of the circuit when the UV-light is OFF. The second row of droplets (last two rows of pictures out of
four) oscillates from state I to IV after the UV-light is turned on; at the same time the sorting mode oscillates back
and forth between logic level 0 and 1. Note that for each droplet two images are shown: while traveling through the
sensing channel (first and third rows of pictures) and as they exit the device once they have been sorted (second and
fourth rows of pictures) d) Droplet interaction cycle length. Depending on the generation frequency and droplet
velocity, droplets can interact before exiting the sorting circuit, such interaction is cyclic; it repeats after a certain
number of droplets pass by.
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Table 1: Applied Pressures.
Experiment Droplet Mix Inlet Oil Inlet Pressure Sorting ChannelPressure (PSI) (PSI) Pressure (PSI)
1st Row 5.99 3.78 0.19
2 " Row 5.99 3.78 0.19
If the particle induces a small hydrodynamic resistance, i.e. the particle is uncured or the
cured particle has exited the circuit, the circuit is in state I and the logic output value is
0 (Fig. 5.5 and 5.6). When a cured droplet traverses the sensing channel and no other
particle traverses the sorting channel, the circuit is in state II, which corresponds to a
logic output value of 1. As the particle exits the sensing channel, it flows into the
sorting channel since the logic value is 1. When a cured droplet traverses the sorting
channel and no other particle is present in the sensing channel, the circuit is in state III.
When a cured droplet flows through the sorting channel, it induces an additional
hydrodynamic resistance in the sorting channel that increases the sorting threshold, i.e.
increases the resistance required for the particles to switch the flow rates at the junction
and alter the circuit logic values. When a cured droplet traverses the sensing channel
before the previous particle traverses the sorting channel, the circuit is in state IV. As
the particle exits the sensing channel, since the threshold resistance has increased, the
particle is rejected.
Experimental verification of states I-IV is shown in Fig. 5.5c and 5.6, where -r * f = 1.3
is shown (droplet generation rate was tuned by variation of the droplet injection
pressure). Pressures used during this experiment are shown if Table 1. The first row of
Fig. 5.6c shows six consecutive uncured droplets flowing through the sorting circuit.
The six droplets are rejected consistently, which demonstrates the stability of the circuit
at the given pressure conditions; the circuit remains in state I. When the UV-light is
turned ON a more complex behavior occurs. The circuit exhibits oscillations between
different states, and switches consecutively from states I to IV and between logic values
0 to 1. The flow asymmetry between states II and IV, which corresponds to logic values
0 and I respectively, creates oscillations in the in the sorting behavior. These
oscillations occur due to the altered resistance once the UV-light is turned ON.
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As the droplet frequency generation increases with respect to the sorting transit time,
the cycle length, the time measured in terms of the number of droplets generated to
produce a single oscillation in logic values, increases. Since the sorting channel is
longer than the rejection channel, it takes longer for a sorted droplet to exit the device
than a rejected droplet. When a particle travels through the sorting channel it modifies
the flow rates forcing the device to the rejection mode. The rejection mode persists even
if a particle travels through the sensing channel, since the circuit more sensitive to
changes in the rejection resistance than changes in the sensing resistance. Hence,
droplets are only sorted once the sorted droplet leaves the circuit. Then, the cycle length
in number of droplets is given approximately by
roof (r * f) = n, (5.2)
where nd is the number of droplets per cycle; and roof (x) is a function that returns
the next integer larger than x, a real positive number (Fig. 5.6d).
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PART B:
SORTING RED BLOOD CELLS
Prior to this section we showed size sorting of gelatin particles and curable droplets,
here we extend the work to cell sorting by demonstrating cell sorting of RBCs by size.
Cells are a challenging particle to sort because when flown in constrained microfluidic
channels, they tend to adhere to the channel surfaces, clogging the microfluidic
channels. Here we show sorting of red blood cells, RBCs, by using a modified media
with pluronic, BSA and high molecular weight sugars to reduce adhesion.
5.4 Experiment description and setup
Red blood cells (RBCs) were obtained from a healthy donor and stored at 4 "C upon the
addition of anticoagulant agent (EDTA). Before usage RBCs were washed first with a
solution of PBS. Then, media was replaced with the High Viscosity Media; a solution
made of 9.1 mL PBS, 9 g dextran, 0.1 g BSA, and 0.04 g Pluronic. At the same time,
PDMS devices were incubated with High Viscosity Media for 30-60 minutes at 20 'C
(Room Temperature) and the device was pressurized at 10 PSI to drive out air bubbles
that could have remained in the devices. Images were acquired using a high sensitivity
camera at frame rates of 20-40 frames per second.
5.4.1 Device Fabrication
Devices were fabricated by standard micromolding in polydimethylsiloxane (PDMS,
Sylgard 184, Dow Coming) using a SU-8 photoresist mold (Microchem). The molds
were placed in a large covered Petri dish containing several drops of
perfluorooctyltrichlorosilane (Sigma Aldrich) for 10 min to facilitate removal of PDMS.
PDMS was mixed in a 10:1 ratio and poured into the mold forming a 4 mm layer,
degassed, and baked at 80 'C for 30 min. The PDMS was removed, perforated to form
the channel inlets using a biopsy punch (0.5 mm internal diameter punch from Harris
Uni-Core), and cleaned using isopropanol. Finally, the PDMS component containing the
channels was bonded to a clean glass slide using air plasma for 30 s at 500 mTorr
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(Expanded Plasma Cleaner, Harrick Plasma, Ithaca, NY). The devices were connected
to constant pressure reservoirs via Tygon tubing. The device used for sorting
(Rbypass/Rsens = 1.4) allowed for high sorting sensitivity as discussed in Section 4.3.
5.5 Sorting RBCs by size
Here we demonstrate the applicability of the resistance sorting concept to cells by
sorting red blood cells by size, Fig. 5.7; since larger compressed cells exert a larger
resistance to flow, size can be used as sorting criteria. In the experiments, cells were
flown during more than three hours without clogging despite the narrow channels used,
6 by 3 tm. Further, since RBCs have an irregular shape we demonstrated sorting of
particles beyond that of spherical and regular ones by using rectangular micro-channels
as depicted in Fig. 5.7a.
Cells were injected at 10 psi, a pressure that prevented cell stagnation at all points
within the device. After the cells are injected into the circuit and pass through the
sensing channel, the cell population splits into two streams: sorted and rejected, Fig.
5.7b. Images of the rejected and sorted cells were taken at the device outlets. After
acquisition, images were analyzed with CellProfiler, a cell image and analysis software.
Using the information provided by CellProfiler, a histogram showing size distribution
was obtained, Fig. 5.7c and 5.7d. The histogram shows a peak at 7-8 pim, which agrees
with the reported RBC size available in the literature. Further, the size spread is
narrower than that of HL-60 cells (the biological process that generates RBCs in the
body is different from the one that creates HL-60 cells, and it is tailored to produce
highly uniform cells, a critical factor during RBCs circulation in the body). From the
histogram it can be observed, as expected, that large particles are preferentially sorted
with a resolution of -2 pm. The finite resolution creates a transition zone where cells
can be directed to either stream (Fig. 5.7d), which sets the resolution limits of the
device to sort based on size. It must be pointed out that despite it is clear that the
transition zone is roughly -2 pm, the technique resolution could be smaller since the
size variation of the cells thickness is unaccounted for in the experiment.
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Figure 5.7 Size sorting of RBCs. a) Schematic diagram showing cell and channel dimensions. b) Micrograph
showing device geometry, operation and sorted & rejected cells. c) Rejected and sorted cells histogram. d) Sorted and
rejected cell fraction as a function of cell size.
5.6 Conclusions
Here we have demonstrated particle sorting based on mechanical properties other than
particle size and geometry, i.e. deformability. Further, we have shown that light can be
used to trigger the switching between different circuit behaviors and logic outputs, i.e.
the flow rates and droplet flow patterns can be modified by other means than imposing
mechanically inlet pressure and/or flow rates. Additionally we demonstrated that the
circuit by itself is stable and the switching behavior is induced by curing the droplets
entering the channel. We developed a resistive model that permits understanding the
changes in flow rates suffered by the circuit as cured droplets flow through. Further, we
demonstrated that for a circuit whose cured-droplet transit time through the rejection-
channel is much smaller than its cured-droplet transit time through the sorting-channel,
the oscillation length of the logic-value (measured in number of droplets) is determined
by the ratio -r * f . The circuit can find applications in microfluidic logic and other
applications in which the use of extra mechanical parts to impose pressure and flow
rates is constrained by space limitations, costs or other considerations. The use of light
to trigger circuits can add an additional dimension to "classical logic microfluidic
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circuits", making it possible to turn ON and OFF portions of the otherwise mechanically
static processing units.
In this chapter we also demonstrated that the concept of hydrodynamic resistance
sorting could be extended to cells, increasing the potential applications of resistance
modulated circuits. We sorted RBCs by size with a resolution of 2 microns for several
hours without clogging, one of the main problems that could be expected of working
with biological samples.
5.7 Nomenclature
f Droplet generation frequency
HR Hydrodynamic resistance
P Injection pressure
Rb Bypass channel resistance
Rif Inlet resistance
Rreject Resistance in the first part of the rejection channel
R reject2 Resistance in the second part of the rejection channel
Rs Sensing channel resistance
Rort Sorting channel resistance
a Weight factor for zero induced resistance circuit
# Weight factor for infinite resistance circuit
AR Induced Hydrodynamic Resistance
T Cured droplet transit time through the sorting channel
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CHAPTER SIX
CONCLUSIONS AND PROSPECTS
Figure 6.1 Hands, Escher.
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CONCLUSIONS AND PROSPECTS
In this thesis I have explored the induced hydrodynamic resistance created by a particle
flowing through a constricted microfluidic channel. We have explored its origins and its
uses in the microfluidic circuits to sort deformable particles.
We have provided a complete vision of how the hydrodynamic resistance is originated
and what factors affect it. When a deformable particle passes through a constricted
microfluidic channel, it induces a pressure difference between the back and the front of
the particle. The pressure difference exerts a force on the particle that can be
approximated as the pressure difference times the cross sectional area of the channel. At
the same time a second force, a friction force, is exerted on the particle surfaces in
contact with the channel. The friction force counteracts the pressure force, creating
equilibrium conditions on the particle.
We have obtained a quantitative understanding of the friction force between a particle
and the microfluidic channel where is traverses. The friction force depends on the
particles' velocity, size, and deformability (normal force required to compress the cell
into the channel). The friction force greatly depends on the particle's size. The friction
force grows faster than the cube of the particle's diameter. On the other hand, the
dependence on velocity is weaker than linear, roughly grows as velocity to the power 0.7.
Finally, the dependence on velocity is the weakest; the friction force is proportional to the
particles deformability the power 0.3.
We have related the friction force to the induced hydrodynamic resistance. Since the
hydrodynamic resistance is defined as the pressure difference along the particle (between
the back and the front of the particle) divided by the total effective flow through the
channel, understanding the interaction between the pressures and the total flow through
the microfluidic channel results in understanding the induced hydrodynamic resistance.
The interaction between pressures and flows can be explained using a couple of simple
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principles. First, since the particle experiences no acceleration, friction and pressure
forces most balance. Then, the pressure difference between the particle's back and front
can be approximated as the friction force divided by the channel's cross section area.
Second, to ensure mass conservation the particles have to allow some leakage across the
gaps between the particle and the channel walls. It was found that when the particle is
flowing through the microfluidic channel, the leakage flow is a small fraction of the total
flow rate, ~10% of the total flow rate. As a consequence, the total flow rate can be
approximated as the particle's velocity multiplied by the cross sectional area. Finally, the
induced hydrodynamic resistance can be calculated as the estimated pressure difference
divided by the estimated total flow rate. As a consequence, the induced resistance
depends on the particle's velocity, size and deformability. Further, the particle's velocity
adjusts to generate a hydrodynamic resistance that induces the right pressure drop in the
microfluidic circuit to balance the friction force, ensuring complete compatibility of the
forces and flows in the circuit.
After obtaining a heuristic vision of the hydrodynamic resistance for solid deformable
particles, we compared the results with the theoretical model- proposed by Fitz-Gerald
almost forty year ago in the Proceedings of the Royal Society. The model proposed by
Fitz-Gerald assumes a solid deformable particle flowing through a circular channel
whose diameter is slightly smaller than that of the particle. The Fitz-Gerald model has
never been completely verified experimentally due to the previous limitations in the
manufacture of micro devices capable of measuring simultaneously several
hydrodynamic variables, e.g. pressure and velocity. The Fitz-Gerald model predicts a
similar dependence on the velocity as the one found experimentally: the induced
hydrodynamic resistance grows more slowly that the viscous hydrodynamic resistance.
The induced resistance roughly grows as velocity to the power 0.7. Nevertheless, the
magnitude of the predicted induced hydrodynamic resistance is more than 10 times larger
than the measured values. Such discrepancy can be explained by the square cross-section
of the microfluidic channel. The presence of sharp corners makes it difficult for the
particle to accommodate uniformly through the cross section of the channel; as a
consequence the gap at the corners is larger. As a consequence, the leakage flow through
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the corner gap is larger too. Thus, the resistance produced by the corner gaps dominates
the system and determines the total induced pressure drop, which is smaller than that of a
particle in a completely circular channel.
As byproduct of this study, we have provided experimental verification of some of the
consequences of the theoretical models created by Fitz-Gerald, Vann, Lighthill and
Ducharme for single deformable particles in confined microchannels forty years ago. We
have verified the dependence on velocity and deformability, but there is considerable
mismatch between the predicted value of the resistance and the measured one; the
Lighthill/Fitz-Gerald model over predicts the resistance induced by a microfluidic
particle flowing through a microfluidic channel. A better match between the
Lighthill/Fitz-Gerald model and the experimental values might be obtained if cylindrical
channels replace the square channels in the experiments. In this study we have studied
square channels because, due to their relatively easy fabrication, are widely used in
microfluidic devices, hence using square channels maximizes the utility of this study.
Even when there are methods to fabricated cylindrical channels available for large
dimensions, diameters in the order of 100 microns, the fabrication of highly reproducible
cylindrical channels of 1-10 microns is still a challenge that needs to be overcome if the
Lighthill/Fitz-Gerald model is to be verified exactly. The fabrication of circular-
cylindrical channels was attempted by flowing low-concentration solutions of PMDS in
hexane and heptane through the square channels, followed by curing at 80 C while
flowing air through the channels. When those attempts did not produce occlusion of the
microfluidic channels, it produced non-uniform channels, which prevented the use of
microfluidic manometers to measure cell-passage (at the very least, the sample and
measuring channel need to have identical dimensions).
Additionally, the methodology outlined here can be extrapolated to other cell lines and
particles flowing through microchannels, enabling the use of cell passage through
constrained microchannels as a simple and high throughput alternative to AFM to
characterize the mechanical properties of cells.
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Finally, the understanding of cell passage enables the use of previously reported
microfluidic logic circuits based on hydrodynamic resistance to be used for cell handling
and sorting (Fig. 6.2a). Additionally, it can aid the design of microfluidic devices based
on elution created by the flow of cells through repetitive compression steps (Fig. 6.2b).
Normally the design of such devices is done by simple trial and error. If friction forces
between microchannels and cells are understood, the design time of elution devices can
be greatly reduced. Further, if the relationship between friction forces and cell properties
is known, microfluidic devices that control dynamically the cell transit time to achieve
elution can be designed (Fig. 6.2c). On the other hand, if the cell passage through
constrained microfluidic channels is understood, the same physics can be used to predict
the behavior of cells in channel networks that mimic the topology of animal tissues, e.g.
blood capillaries that resemble disease states (Fig. 6.2d). Finally, it can help understand
and quantify the performance of filtering devices. When filtering a deformable population
of cells by rigid filters, the filtering cutoff size for each cell population has to be
determined experimentally for each cell line. If the relationship between cell properties
and cell passage is known, the filtration cutoff size can be predicted beforehand (Fig.
6.2e).
My second objective was to develop microfluidic circuits that could exploit the induced
hydrodynamic resistance to control and regulated the flow of particles; in particular to
sort cells based on their mechanical properties. In this work I described a new circuit
capable of discriminating particles flowing through a sensing microfluidic channel and
sending them either into a sorting channel or a rejection channel accordingly to their
induced hydrodynamic resistance. The sorting circuit is simple. The sorting circuit is the
combination of a symmetrical T-junction and a bypass channel between the circuit inlet
and one of the outlets. The sorting circuit was determined experimentally to be effective
in sorting gelatin particles by size with a resolution of 1-2 microns, a value similar to the
measurement error when measuring the particle size, -1 micron. Additionally, I
developed a resistive equivalent model to predict the particle's behavior as it travels
through the sorting microfluidic circuit. Further, using Particle Image Velocimetry, PIV, I
determined that the resistive model is indeed capable of predicting the particle's behavior
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inside the microfluidic channel for the case of gelatin particles. Finally, after examination
of a population of a poly-disperse population of gelatin particles sorted by the circuit, we
verified that the circuit behaves as a low-pass resistance-filter at the rejection channel,
and a band-rejection resistance-filter at the sorting channel.
From the modeling and experimental verification, it is clear that modeling microfluidic
circuits where using equivalent microfluidic resistances provides a fast and clear way to
calculate the flow, pressure and other hydrodynamic properties in microfluidic devices.
Further, since the hydrodynamic resistance induced by particles is a weak function of
velocity, even when the exact relationship between resistance and particle velocity is not
known, the use of hydrodynamic resistance is the best option when modeling a
microparticles flowing through a microfluidic circuit. Using induced pressure instead of
induced hydrodynamic resistance should be avoided since induced pressure is clearly a
function of the particle's velocity. Hence, even if only the induced resistance at a
particular particles' velocity is known, it remains a good approximation at a wide range
of velocities around that particular measurement.
Besides gelatin particles, several other systems were studied as potential applications for
hydrodynamic resistance sorting. Red blood cells and HL-60 cells were sorted by size.
Sorting of biological samples demonstrated the potential of this technique for diagnostic
and biomedical applications. Nevertheless, several challenges remain to be addressed:
during the flow of cells through constrained microfluidic channels, adhesion and cell
lysis can produce device clogging and prevent proper device operation in cells suspended
in unmodified media. The addition of high molecular weight sugars, BSA and pluronic
greatly ameliorates adhesion; but modifies the osmolality of the solution and as a
consequence modifies the cell size. Further, the combination of unwanted adhesion and
high pressures can result in cell lysis. Cell lysis prevents the collection of sample once it
has been measured and can increase clogging by depositing some of the cellular contents
on the channel wall. The addition of pluronic greatly reduces lysis, but lysis is still
present during modified-media experiments, 1-2% of the cells rupture when flowing
through the device. Finally, given the experimentally extracted relationship between the
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resistance and the cell's deformability, the sensitivity of resistance to modifications in
cell stiffness is small and easily overcome by changes and variability in cell size. Thus,
sorting of cells by deformability is still a challenge to overcome. Only some diseases, e.g.
malaria, modify the cell deformability to an extent that can clearly overcome cell size
variability; malaria modifies deformability by a factor between 10-100 times. Other
diseases, e.g. cancer and sepsis, modify the cell deformability by a factor of 1/2, and thus
size variability of the cells is an additional challenge to overcome in these cases.
Finally, the dynamic modulation of the mechanical properties of UV-photocurable
particles was used to modify the induced hydrodynamic resistance and produce sorting.
Several challenges remain to produce a reliable system that can be used to control
particles by using light. Light dosage has to be controlled with great accuracy; otherwise
if the dose is too low sorting does not occur or if the dose is too high solid droplets clog
the channel. Hydrodynamic resistance only increases substantially when a large fraction
of the droplet is cured; hence the difference between particle clogging and switching is
small. Ideally the dose-HR curve should not reach values of HR that can clog the device.
In other words, a liquid that gels instead of solidifying would be better for this purpose.
Additionally, the solidification process is non-reversible; but the ability to revert
solidification is highly desirable; droplets should be able to merge or split after sorting.
On the other hand, the use of UV light to switch particles on demand illustrated the
potential for new ways to achieve particle control by using the hydrodynamic resistance
as a transducing mechanism. For instance, it has been previously demonstrated that by
changing the pH of the carrier solutions the mechanical properties of hydrogels can be
modulated, hence by changing the pH of the solution, the sorting circuit can be
transformed into a pH sensor. Finally, the usage of HR as a transducing mechanism to
control particles in microfluidic circuits has opened new challenges and opportunities in
microfluidic circuits, providing cheap, simple and easy ways to integrate control in
microfluidic circuits.
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Figure 6.2 Microfluidic devices that depend on hydrodynamic resistance and friction forces. a-c) Microfluidic
devices for sorting. a) Microfluidic logic circuit that uses the particle's induced hydrodynamic resistance to produce
sorting. b) Microfluidic device for particle sorting that consists of repetitive expansions and contractions and uses the
principle of elution to separate particles temporally. The particles that experience small friction forces, fast particles,
leave the microfluidic device faster than the ones that experience large forces, slow particles. c) Microfluidic device for
particle sorting that consists of a wide channel whose height can be modulated by the presence of a PDMS pneumatic
valve. The particles that experience large friction forces travel slower than the ones than experience small forces; then
they can be separated in time. Since the channel's height can be modulated, the transit time can be modulated to
minimize the required time for particle separation. d) Microfluidic network that mimics the blood capillary topology,
which can be used as a model for studies between capillary topology and disease states that result in poor circulation.
The interaction between topology and induced resistances determine the possible obstructed points in the geometry. e)
Schematic of a filtration device for separating cells.
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APPENDIX 1
SIMULATION OF HYDRODYNAMIC RESISTANCE CAUSED BY A
DEFORMED RIGID PARTICLE TRAVELING THROUGH A
SQUARE MICROCHANNEL
Characterization of deformable particles, e.g. cells, has numerous applications in science
and diagnostics. Nevertheless, there is no clear understanding of how the physics in this
system interact. Here we quantify the effects of the gap flow by simulating the passage of
a rigid deformed particle moving at different velocities in a microfluidic channel, which
can be used to illustrate some of the features in common with solid deformable particles
moving through a microchannel.
The behavior of particles in flows has been long used to characterize and sort particles
suspended in fluids, e.g. centrifugation is routinely used to separate biological samples of
multiple constituents. Recently, the ability to build microchannels, a byproduct of the
miniaturization techniques used in electronics, has led to the creation of highly
controllable environments to characterize particles. These new microenvironments have
been used to characterize droplets, microspheres and cells'. One of the most studied
particles in microfluidic environments are cells. Recently, cell passage through
constrained microfluidic environments has been proposed as a tool for characterization of
cells. Cell passage time and cell velocity has been used as an indirect tool for measuring
cell mechanics, which is an important biophysical property since cell stiffness can be
related to disease states such as cancer and malaria2 . It has been observed that the rigidity
of cells increase the cells transit time; the stiffer the cell the slower it will travel through a
microfluidic channel. Nevertheless it is unclear how is that stiffness is related to the other
cell passage variables, how the physics involved are related and to what extent and
proportion they affect the cell transit variables. Further even the role of the cell's
deformed geometry is unclear.
150
Here we will examine the flow forces that arise exclusively from a deformed rigid
particle traveling through a microchannel at a velocity different than the average flow
velocity. The present investigation has the objective to highlight and isolate the
contributions and effects of the fluid surrounding the particle, which can be used to
clarify the nature of the particle-channel interactions in the case of cells.
Al. Governing Equations
The equations used during the simulation of the deformed particle traveling through a
microfluidic channel are the full Navier-Stokes equations
au
pt V -1(Vu+(Vu)T)+
at
p(u -V)u + Vp = F, (Al)
V.- = 0,
where p is the fluid density, u is the velocity vector field, rq is the fluid viscosity, p is
the scalar pressure field, and F is the volume force vector field.
Here, we kept the inertia terms to check if they have any
Reynolds numbers of the order -0.2.
Finally, we prescribed the velocities at all the boundaries as
section.
significant contribution at
described in the geometry
A2. Numerical Model
In order to simulate the particle passage we created a channel geometry of 6 mm-square
cross-section and 50 mm length. At the middle of the channel we subtracted a pill-shape
volume, which represents the deformed particle. The pill has rounded front and back
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ends and leaves a gap between the pill and the channel's corners. Also the pill intersects,
i.e. touches, the channel walls, hence preventing flow passage at the channel walls but not
the corners.
Two types of corner gaps between the particle and the channel were explored: triangular
and rounded. In both models the channel width, H, and the back and front particle radius,
R2= 2 mm, were kept constant.
In the rounded gap model, the gap external radius, R1 = 0.5 mm, and particle length, LP,
were kept constant. In the simulations, the cell velocity (particle velocity) and the fluid
flow (inlet velocity) are imposed through boundary conditions (Fig. Al). In terms of
boundary conditions, a uniform velocity was applied to the inlet and at the outlet the
pressure was set to zero. The effects of the particle moving at a non-zero velocity,
uparticle, were implemented by changing the boundary conditions at all the remaining
channel boundaries while keeping the velocities at the particle surfaces equal to zero, i.e.
Uwal = -Uparticle, (A2)
and
Uparticle_wall = 0, (A3)
which implies that the inlet velocity is
Uinlet = Ufluid - Uparticle. (A4)
In the triangular gap model, the gap side, R1, and particle length, 1, were modulated. For
this model we use an isosceles triangular corner geometry whose dimensions were varied
from 0.5 to 2.5 mm (Fig. A2). Further, we varied the particles length from 7 to 20 mm. In
this case, the particle velocity was set to zero, i.e.
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(A5)Uwall = 0,
and
Uparticlewal = 0,
which implies that the inlet velocity is
Uinlet = Ufluid-
(A7)
H
(A6)
Particle
Lp
H
H =6 [pml Lp = 20 [gm]
Ri=0.5(tm] R2=2[ [pm]
Figure Al. Particle-model geometry with round gap.
H
1.
H
4.
Ri R2 =2 [pm]
H =6 [pm]
Figure A2. Particle-model geometry with triangular corner gap.
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A3. Results and Discussion
A representative plot of the pressure distribution is shown in Fig. A3. From the plot we
can observe that, upstream and downstream the particle, the pressure is roughly uniform.
Further, the pressure drop is roughly linear through the gaps between the particle and the
channel. Therefore the pressure drop due to the particle presence is, to any practical
purpose, not affected by the particle's back and front geometry. At the gap, the cross
sectional channel area becomes less than 1% the area of the open channel, therefore the
hydraulic resistance of this section is much larger than that of the unoccupied channel.
More precisely, since the viscous hydraulic resistance scales as ~1/a , where a is the
characteristic channel size, the resistance per unit length of the gap is 1000 times larger
that the resistance per unit length of the channel. Therefore the geometry elsewhere is
unimportant.
Surface: Pressure [Pa] X1 6
5
u 2
u PW = 0, u =0.004 [m/s 0
Figure A3. Representative pressure fleld distribution and boundary conditions applied to a static particle inside
a square channel.
Round Gap Model
We found that for this model, for Reynolds numbers up to 0.2, the pressure difference
between the particle's back and front scales linearly with the inlet velocity (Fig. A4),
therefore the effects of inertia are not significant, even when the Reynolds numbers are
not much more smaller than one. Hence, viscous dissipation should suffice to describe
the forces involved during particle passage.
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0 0.01 0.02 0.03 0.04Inlet Velocity [ms]
u =0
Figure A4. Pressure difference between the back and front ends of the particle with round gaps
(static particle) as a function of the inlet velocity.
Additionally, the pressure difference between the cell's back and front decreases
approximately linearly with the particle's velocity till the particle's velocity becomes
approximately equal to the average inlet velocity (Fig. A5). Hence,
P = K1 * Uiniet (1 - Uparticle ) (A8)
where P is the pressure difference between the back and the front of the particle.
1 1610 * 1
8 P= K, Iuin(l1- U particle)U inlet
cL6
a.
2
0 2 4 6 -
Particle Velocity [n/s] x 104
u = 0.008 [m/s]
Figure A5. Pressure difference between the back and front ends of the particle with round gaps
(static particle) as a function of particle velocity.
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Triangular Gap Model
Finally, we studied the effects of the variation of the particle's dimensions. First we
explore the effects of the particle's length (Fig. A6). As expected from a viscous
dissipation model, the pressure drop increased linearly with particle length. Nevertheless,
there is a small offset of the length-pressure curve; the pressure only starts to grow after
an initial length, -1.5 mm. A fraction of the total length does not induce a significant
pressure drop since that length is lost into creating the back and front parts of the particle,
which induce small resistances when compared to the gap section.
5'
5x 105
4
a. 3
2 P=K 3 I
0 01
0.5 1 1.5 2 2.5
Length Particle [m] x 1a
Ri = 2.5 [pm]
Figure A6. Pressure difference between the back and front ends of the particle with triangular gaps
(static particle) as a function of particle length.
Further, we studied the effects of the corner gap size between the particle and the channel
walls (Fig. A7 and Fig. A8). The pressure difference between the particle's back and
front decreased as the gap size increased. The pressure dropped as -/R", where R is the
length of one of the sides of the triangle and n is a number between 3.5-4; which agrees
with the expected behavior of a highly viscous hydrodynamic resistance.
A4. Conclusions
In this section we developed a numerical model that describes the basic forces induced by
a large deformable particle flowing through a microfluidic channel. We found that, at
least, up to Reynolds -0.2, the system can be described as a highly viscous problem
without significant departures caused by inertia. Further, the pressure drop across the
156
particle is caused by the gap between the particle and the channel without significant
contribution from the front and back ends of the particle. Hence the induced pressure
drop is directly proportional to the particles length and inversely proportional to the gap
size.
Finally, the pressure drop across the particle can be calculated as
P = K2  * Uinlet (i _ UParticle), (A9)
R1 uinlet
where K2 is a function of the fluid viscosity and exact gap geometry.
1X 10,
1 xl
R1
2a.
0.5 1 1.5 2 2 5 3
Ri [m] xl 4'
Lp 15[[pm]
Figure A7. Pressure difference between the back and front ends of the particle with triangular gaps
(static particle) as a function of gap size.
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Figure A8. Pressure difference between the back and front ends of the particle with triangular gaps
(static particle) as a function of gap size and particle length.
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